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Abstract
The main function of the cardiovascular system is to transport blood to the tissue
and thereby provide it with sufficient oxygen. The total blood flow and its distribu-
tion over the circulation can be regulated in response to a change in oxygen demand
or to external stress factors. Orthostatic stress, i.e. gravitational stress in the upright
position, induces a blood volume shift from the head towards the feet. This results in
decreased cerebral perfusion, which increases oxidative stress, and increased trans-
mural pressure in the lower extremity. To minimize these stresses a complex sys-
tem of protection mechanisms is activated, which includes amongst others: (1) the
presence of venous valves, ensuring unidirectional flow, (2) the muscle pump effect,
which squeezes the embedded deep veins upon calf muscle contraction, and (3) the
baroreflex, aiming to maintain systemic pressure by regulating heart rate, contractil-
ity and peripheral resistance. Many experimental studies confirmed the importance
of the above mentioned mechanisms in compensating for the gravity-induced blood
volume shift in the upright position. However, a causal dependency and thereby full
mechanistic insight in the physiology is often missing.
In the past, mathematical models based on physical laws and physiological mecha-
nisms have proven to increase the understanding of the cardiovascular (patho-)phy-
siology. Therefore, in the current thesis a numerical approach is presented to gain
more insight in the mechanisms compensating for the gravity-induced blood vol-
ume shift towards the lower body.
In the current PhD project, mathematical models have been developed in order to
examine three major mechanisms reducing the gravity-induced blood volume shift:
1
2 Abstract
the muscle pump effect, venous valves and regulation of vascular tone. To reveal
their individual importance the included number of mechanisms is increased step-
by-step. First, to capture the dynamics involved with the muscle pump effect, an
existing 1D arterial pulse wave propagation model is extended to include venous
collapsibility, venous valves and gravitational stress. The simulations reveal the
importance of the venous valves for increasing effective venous return as well as
shielding the hydrostatic pressure. Furthermore, adding the superficial venous sys-
tem results in a fastening of venous refilling. However, the small increase in sim-
ulated arterial flow after muscle contraction in comparison to in vivo, implies that
the model does not yet contain all relevant mechanisms. Second, a global sensitivity
analysis of the venous valve dynamics under head up tilt is performed to gain in-
sight in the importance of the variousmodel parameters and their interactions. From
this, it is concluded that improved assessment of venous radius and pressure drop at
valve opening can reduce model uncertainty. Third, inclusion of a regulation model
accounting for the metabolic, myogenic and baroreflex regulation, results in good
agreement between the simulated and in vivo flow response. From the regulatory ac-
tivation it is concluded that the metabolic activation induces the flow increase after
muscle contraction and that myogenic and baroreflex activation result in a decreased
baseline flow in the tilted position.
Finally, a full circulation model is presented including a new micro-circulation ele-
ment to account for the blood volume and its distribution. This model can serve as
a backbone for future models in which all physiological mechanisms activated upon
orthostatic stress are integrated. Such a model allows examination of the global re-
sponse of local phenomena and their mutual interaction.
In summary, the developed models provide an important step towards full under-
standing of the hemodynamic response to orthostatic stress. Furthermore, they pro-
vide many opportunities for further research into the physiological mechanisms pro-
tecting the cardiovascular system against the gravity-induced stresses.
Chapter 1
General introduction
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1.1 Introduction
The main function of the heart is to pump the blood through the vascular system in
order to supply the tissue with sufficient oxygen. The blood supply to the various
tissues can be adapted upon a change in oxygen demand and in response to external
stresses. Orthostatic stress, i.e. gravitational stress in the upright position, induces
a blood volume shift from the head towards the feet. Without a proper regulatory
response this will reduce cerebral perfusion and might even result in critical events,
such as syncope. Mechanisms to minimize the blood volume shift are amongst oth-
ers (1) the presence of venous valves, which insure unidirectional flow towards the
heart, (2) calf muscle contraction, which increases venous return by squeezing the
embedded veins, and (3) the baroreflex, which aims to maintain arterial pressure by
adapting heart rate, heart contractility and vascular resistance. Many studies have
tried to unravel the physiology of the mechanisms, which minimize blood volume
shifts under orthostatic stress. However, what is still lacking is mechanistic insight.
Mathematical models based on physical laws and physiological mechanisms have
proven useful in understanding cardiovascular physiology. Therefore, the aim of
this thesis is to develop a mathematical model to advance mechanistic understand-
ing of the hemodynamic response to orthostatic stress.
This chapter briefly describes the cardiovascular system, its response to orthostatic
stress, and the mechanisms, which fail in patients unable to withstand prolonged
orthostatic stress. Subsequently, a short overview of experimental and numerical
studies investigating the cardiovascular system and in particular the response to or-
thostatic stress is provided. This chapter concludes with the specific aims and outline
of the thesis.
1.2 The cardiovascular system
The main function of the cardiovascular system is the delivery of oxygen to the or-
gans. Therefore, it consists of two networks of vessels: the pulmonary circulation,
which oxygenates the blood in the lungs, and the systemic circulation, which deliv-
ers the oxygen to the organs throughout the body. Both circulations are connected
to each other by a pump: the heart. The heart is a muscular organ, which consists of
four cavities: two atria, which collect the blood from one circulation, and two ven-
tricles, which pump the blood into the other circulation. The left atrium receives the
blood from the pulmonary circulation and is connected to the left ventricle by the
mitral valve. Through the aortic valve the left ventricle pumps the blood into the
systemic circulation. Blood from the systemic circulation returns to the heart in the
right atrium, where it is pumped through the tricuspid valve into the right ventricle.
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The right ventricle pumps it again back into the pulmonary circulation. Although
both circulations have a different function, they consist of the same types of vessels:
arteries, arterioles, capillaries, venules and veins. The ventricles pump the blood into
the arteries, which have an elastic wall to withstand the high transmural pressures.
While approaching the organs, the arteries branch many times to become arterioles.
Due to the presence of smooth muscle cells in the arteriolar wall, blood flow and its
distribution over the various organs can be regulated at this level of the circulation.
At the level of the organs, arterioles bifurcate into capillaries. The vessel wall of cap-
illaries consists of a single layer of endothelial cells on a basal membrane. The thin
capillary wall and the strong level of branching enables a fast exchange of oxygen
and other nutrients. The small diameter of the capillaries creates a large pressure
drop over the micro-circulation and results in a low pressure in the venules. Due to
their large compliance and capacity, the venules play a large role in volume distri-
bution. Finally, the blood is collected in the larger veins and transported back to the
heart. Venous valves are present in these vessels to ensure unidirectional flow.
1.3 Cardiovascular regulation under orthostatic stress
Sufficient oxygen delivery is vital for all tissue in the human body and therefore it
is essential that the cardiovascular system can regulate blood flow upon a change in
oxygen demand or in response to external stress factors. An important factor that
triggers the cardiovascular regulation every day is gravity. Gravity gives weight
to mass and in fluids this results in an increase in hydrostatic pressure due to the
weight of the fluid column present above, as for example observed during scuba
diving. Similarly in the upright position, hydrostatic pressure will increase below
the level of the heart inducing the arteries and veins to dilate. In contrast, the cross-
section of the vessels present above the heart level will reduce due to the decrease in
hydrostatic pressure towards the head. Consequently, in the upright position gravity
will induce a blood volume shift from the head towards the feet. The gravitational
stress in the upright position is called orthostatic stress.
To minimize the fluid shift due to orthostatic stress, the cardiovascular system has
several compensating characteristics and mechanisms. Firstly, the vessel stiffness
increases with increasing distance from the heart, meaning the dilation will be less
under the same pressure change. Furthermore, the compliant venous system con-
tains venous valves. This not only ensures unidirectional flow, but can transiently
decrease distal venous pressure when it shields the vein distal to the valve from the
hydrostatic column present above. A mechanism that actively reduces the gravity-
induced blood volume shift is the muscle pump effect. Considering the calf muscles,
a muscle contraction will collapse the embedded deep veins, which will increase ve-
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nous return. During the subsequent muscle relaxation venous refilling will increase
muscle blood flow, aided by the increased perfusion pressure due to the pressure
shielding of the venous valves. Another regulationmechanism, which reduces blood
volume shifts is the baroreflex. Using stretch sensors in the vessel wall of the aortic
arch and the carotid artery, this mechanism senses a change in arterial pressure. By
adapting heart rate, heart contractility, peripheral resistance and venous unstressed
volume, the baroreflex aims to keep the arterial blood pressure at the same level.
1.4 Orthostatic intolerance
If cardiovascular regulation is not sufficient, an upright position may result in re-
duced cerebral perfusion, causing dizziness or even critical events, such as syncope.
This pathology is called orthostatic intolerance and is observed in astronauts after
space-flight, in patients with spinal cord injury and is associated with aging. Ortho-
static intolerance is observed in about 25% of returning astronauts due to the adapta-
tion of their cardiovascular system to the micro-gravity environment (Williams et al.,
2009). An important adaptation is the reduction of the total blood volume due to
increased renal secretion. In space, renal secretion increases in response to the in-
creased pressure in the upper body, due to the fluid shift from the legs towards the
head in the micro-gravity environment (Buckey et al., 1996). This fluid shift occurs,
because gravity is not pulling the blood towards the legs anymore. Back on earth,
the reduced blood volume results in decreased venous return, which is even fur-
ther decreased by the impaired muscle pump. The latter is a result of decreased
muscle mass, due to decreased muscle activity. Furthermore, impaired baroreflex
function is another factor decreasing the orthostatic tolerance (Fritsch et al., 1992).
The mechanisms of orthostatic intolerance in patients with spinal cord injury show
similarities to those observed in astronauts (Scott et al., 2011). Firstly, an altered salt
and water balance results in a reduced total blood volume. Due to a lack of muscle
activity venous returnwill not increase and cardiac output will be reduced (Claydon
et al., 2006). Although parasympathetic control is mostly unaffected, the dysfunction
of the sympathetic nervous system results in a decreased vasoconstrictive response
(Claydon et al., 2006). Prevalence of orthostatic intolerance increases with successive
age (Rutan et al., 1992). This can be due to several factors including supine hyperten-
sion, age-related changes in baroreflex function, increased vessel stiffness, but also
decreased blood volume and chronic venous disease leading to decreased muscle
pump efficiency (Freeman et al., 2011).
Chapter 1 | General introduction 7
1.5 Experimental studies
To investigate orthostatic intolerance and the mechanisms which act to tolerate grav-
ity, several types of experiments can be performed.
One of the simplest examples, which has provided a lot of insight, is the head up tilt
(HUT) test. During HUT the subject is positioned supine on a tilt table which can
be rotated, either mechanically or electrically, to a certain angle. Because the subject
is tilted passively the muscle pump effect is assumed to be negligible during this
procedure. The tilt angle defines the amount of gravitational acceleration applied
by a = g sinα (with g the gravitational acceleration and α the tilt angle) and is often
limited to 70◦ (a = 94%g) in order to minimize calf muscle contraction.
A second approach to study the hemodynamic response to blood volume shifts is
lower body negative pressure (LBNP). In these experiments the lower extremity up
to the iliac crest is positioned in a sarcophagus, in which pressure can be decreased
(up to 50 mmHg) to induce a volume shift towards the lower extremity. Compared
to a HUT test, LBNP avoids any vestibular response as subject position is constant
and capillary filtration follows a different gradient because the hydrostatic pressure
component is negligible. Furthermore, LBNP is also applied as a countermeasure in
space to simulate blood volume shifts in the upright position on earth.
To investigate the limits of orthostatic tolerance a human centrifuge can be used
(Cle´ment and Pavy-Le Traon, 2004). The centrifugal acceleration applied to the sub-
ject depends on the rotational speed ω and the radius r via a = ω2r. Therefore, when
positioned in a short-arm (r ≈ 3 m) centrifuge a gradient of gravitational load is ap-
plied to the subject, whereas an approximately uniform load is applied in a long-arm
centrifuge (r ≈ 15m).
Specifically focussing on astronauts, their deconditioning can be mimicked in a bed
rest study. During a bed rest study a subject remains in the supine position for a pe-
riod varying from several hours up to two months. In order to induce the headward
fluid shift as observed in astronauts in space, the bed is place in a 6◦ head down
tilt position. To investigate changes in orthostatic tolerance caused by the decondi-
tioning, experiments like head up tilt or LBNP are performed at several time points
before and after the bed rest.
These experiments all commonly monitor hemodynamic parameters such as heart
rate, mean arterial blood pressure, peripheral resistance and blood flow are. Fur-
thermore, venous valve dynamics can be assessed using ultrasound.
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1.6 Numerical studies
Many experimental studies have aimed to examine cardiovascular physiology under
orthostatic stress. Although many questions have been answered, a detailed under-
standing of the mechanisms and their interaction is still lacking. Another approach
to investigate the hemodynamic response to orthostatic stress is the use of math-
ematical models based on physical laws and physiological mechanisms. Because
these models are built on current knowledge of the cardiovascular physiology, they
allow us to challenge current hypotheses. The fact that physiological mechanisms
and parameters can easily be individually changed, provides more detailed insight
than experimental studies. One can, for example distinguish the influence of various
regulation mechanisms by turning them on and off individually. On the other hand,
combining experimental and numerical studies can be beneficial for both, because
experimental studies can provide certain model parameters and mathematical mod-
els can be used to test experimental hypotheses. Finally, in contrast to numerical
studies, experimental studies include the investigation of subjects, who are often pa-
tients suffering frommultiple diseases. This canmake it hard to distinguish between
effects of the disease under investigation and effects of other diseases.
Mathematicalmodels with different levels of detail can be used to describe the hemo-
dynamics of the cardiovascular system. Two and three-dimensional models are of-
ten used to simulate the hemodynamics in complex geometries such as aneurism
(Raghavan et al., 2000) and around heart valves (Sotiropoulos et al., 2016). The bene-
fit of these models are that they can give detailed information on the local flow field
or wall shear stress, but often have high computational cost and many unknown
boundary conditions to be defined. Zero-dimensional models can give general pre-
dictions based on lumping the capacitive, inertive and resistive characteristics of a
vessel or groups of vessels into a single element. One-dimensional pulse wave prop-
agation models can predict pressure and flow wave propagation in large vessels
based on the one-dimensional equations of mass conservation and momentum bal-
ance. Although these reduced order (i.e. 0D and 1D) models lack three-dimensional
information, they provide a strong tool to model the full circulation with reduced
computational costs. In the last decade, reduced order models have been used to in-
crease the understanding of cardiovascular (patho-)physiology (Boileau et al., 2015;
Shi et al., 2011; van de Vosse and Stergiopulos, 2011), and have been validated with
in vivo data (Olufsen et al., 2006; Reymond et al., 2009) or even developed further
for patient-specific modeling as a support for clinical decision making (Caroli et al.,
2013; Marchandise et al., 2009).
Numerical studies focussing on the short-term (< 5 min) hemodynamic response to
orthostatic stress are few and are mostly performed using lumped parameter mod-
els of the full circulation (Melchior et al., 1992; Sharp et al., 2013). Additional reg-
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ulation models of the arterial and cardiopulmonary baroreflex are often added to
regulate heart rate, contractility, peripheral resistance and venous unstressed vol-
ume. Heldt et al. (2002) validated their model with in vivo data of the heart rate,
stroke volume and mean arterial pressure, while simulating both head up tilt and
LBNP. Furthermore, a case study was presented on how the model could be used
to simulate post-flight orthostatic intolerance in astronauts. Lim et al. (2013) devel-
oped a lumped parameter model to investigate the impact of cardiac failure on the
hemodynamic response to head up tilt. Olufsen et al. (2005) developed a model to
simulate the transition from sitting to standing while including both autonomic and
cerebral auto-regulation. The simulated arterial blood pressure and cerebral flow
were validated with in vivomeasurements.
Whereas lumped parameter models are often used to study the baroreflex response
under head up tilt, pulse wave propagation models are more appropriate for the
investigation of the muscle pump effect. Furthermore, in contrast to 0D models,
pulse wave propagation models enable implementation of a continuous gravita-
tional stress in the momentum balance. Although a large number of studies present
1D pulse wave propagation models of arterial hemodynamics, venous hemodynam-
ics and the influence of gravity are less frequently investigated with this type of
model. The most important difference between the arterial and venous pulse wave
propagation model is the constitutive law. Where the arterial wall can be approxi-
mated by a linear relation, the veins are prone to collapse under negative transmu-
ral pressure due to increasing extravascular pressure under muscle contraction or
gravitational stress. To account for this non-linear pressure area relation, Shapiro
(1977) derived a law for collapsible tubes. In the eighties, many analytical studies
investigated the choking and supercritical flow in collapsible tubes (Cancelli and
Pedley, 1985; McClurken et al., 1981). Furthermore, inclusion of the influence of ax-
ial and longitudinal tension (McClurken et al., 1981) and the shape of the collapsing
cross-section was investigated (Flaherty et al., 1972; Kresch and Noordergraaf, 1972).
Detailed numerical studies focussing on the venous hemodynamics are scarce and
focuss mostly on numerical stability (Brook and Pedley, 2002; Brook et al., 1999) and
aim to capture venous collapse (Fullana et al., 2003).
Veins can be idealised as collapsible tubes and their hemodynamic response can be
modelled based on the work of Shapiro (1977). Although the main focus was to solve
numerical instability problems, Marchandise and Flaud (2010) presented one of the
first attempts to simulate the muscle pump effect. The main achievement was the
simulation of the emptying of the vein. Whilst Marchandise and Flaud (2010) did
not include any venous valves, Fullana and Zaleski (2008) developed a model of the
lower extremity including valves to simulate the local pressure and flow response
to a muscle contraction. The numerical studies of the venous 1D pulse wave propa-
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gation discussed so far only include a small part of the circulation. Recently, the 1D
pulse wave propagation models of the full circulation presented by Mu¨ller and Toro
(2014) and Mynard and Smolich (2015) have received a lot of attention. Both include
most of the large systemic veins using a 1D pulse wave propagation model. How-
ever, as their interest is the cerebral circulation and wave propagation respectively,
they both did not include the effect of gravity.
To capture venous hemodynamics correctly, it is important to model the influence
of the venous valves in preventing back-flow and providing pressure shielding. In
reduced order models venous valves, if included at all, are often represented by a
simple diode. But even studies which include some venous valves do not present
the resulting changes in valve state during their simulations (Fullana and Zaleski,
2008; Mu¨ller and Toro, 2014). The simple diode representation only defines a fully
open or closed state and does not allow investigation of the dynamics of the valves
themselves. Considering heart valves, more detailed models exist: Korakianitis and
Shi (2006) presented a heart valve model defining the valve opening state based on a
force balance on the valve leaflets andMynard et al. (2012) defined the valve opening
state as a function of the pressure drop over the valve. Amore detailed venous valve
model, like that presented for heart valves, would allow studying of venous valve
regurgitation (Mynard et al., 2012) and prolapse (Pant et al., 2015). This would be
beneficial for the investigation of chronic venous disease.
A final important aspect when modeling the response to orthostatic stress, is the
local regulation of vascular tone. Although this local regulation is based on the
same mechanisms for each tissue, in numerical studies it is mostly applied to in-
vestigate cerebral auto-regulation (Olufsen et al., 2002; Spronck et al., 2012; Ursino,
1988). Simakov et al. (2013) applied an auto-regulation model to study the response
to calf muscle contraction, but this model ignored the metabolic activation.
Once all the relevant physical and physiological processes are included within any
model, it should be validated by comparing the simulated results with in vivo mea-
surements. Furthermore, it is important to characterise model sensitivity, by know-
ing how the variance of the numerous model parameters affect the output variance.
This can be achieved by means of a sensitivity analysis. Many studies perform a
local sensitivity analysis, but a more thorough global approach is necessary if one
wants to investigate the interaction between the model parameters as well. A gold
standard method for a global sensitivity analysis is the Monte Carlo method (Saltelli
et al., 2008), which includes many model evaluations to derive the output variance
and how it can be attributed to the various input parameters. However, an increas-
ing number of model evaluations is necessary once the number of input parameters
increases. A sensitivity analysis is essential when developing mathematical models
for support in clinical decision making, but these applications are not well suited
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to high computational costs. Therefore, recent studies have applied faster methods
for sensitivity analysis to cardiovascular mathematical models (Eck et al., 2016). An
example is the polynomial chaos expansion method, which derives a metamodel
to determine the output variance and allows direct analytical derivation of the in-
fluence of the input parameters (Huberts et al., 2014). This method is even further
optimized by Donders et al. (2015), who introduced a two-step approach to reduce
the number of analysed input parameters in the PCE. Furthermore, Quicken et al.
(2016) applied the adaptive sparse polynomial chaos expansion to cardiovascular
mathematical models, which adaptively builds the metamodel only including the
significant interactions.
1.7 Aim and thesis outline
Many experimental studies have been performed to identify the causes of ortho-
static intolerance and investigate the mechanisms involved in orthostatic tolerance
for healthy individuals. Although this has increased insight into the underlying
physiology, still many questions remain. In contrast, in the numerical field relatively
few studies have included the influence of orthostatic stress. Whereas most of the
existing models including gravity focuss on the baroreflex response under head up
tilt, relatively few aim to investigate the muscle pump effect and the venous circula-
tion. The existing venous models are therefore still in an early stage of development.
Therefore,
the aim of this thesis is to develop a mathematical model to examine the hemodynamic re-
sponse to orthostatic stress, while focussing on the venous system and the impact of the
activation of the surrounding muscles
This thesis is outlined as follows. In Chapter 2 an existing arterial 1D pulse wave
propagation model will be extended to account for gravity and venous collapse. The
developed model will be applied to the local calf circulation to examine the muscle
pump effect, while focussing on the influence of venous valves, hydrostatic pres-
sure and the superficial venous system. Chapter 3 focusses on the dynamics of the
venous valve. For this a venous valve model is implemented in a single calf vein
and venous valve dynamics are examined under head up tilt. The importance of the
variance in the model parameters on the variance in the valve dynamics is investi-
gated using a sensitivity analysis. In Chapter 4, the local calf model presented in
Chapter 2 is extended to include regulation of vascular tone, in order to examine the
importance of the myogenic, metabolic and baroreflex regulation. Furthermore, the
simulated flow response will be validated with an in vivo response to a muscle con-
traction. Finally, a sensitivity analysis will be performed to investigate the impact of
the model parameters on the variance of the output. In Chapter 5 a 1D pulse wave
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propagation model of the full circulation is presented including a new element for
the micro-circulation. The latter accounts for the blood volume distribution over the
whole body and thereby allows to examine the blood volume shift under orthostatic
stress. The thesis is concluded with a general discussion of the presented results and
recommendations are provided for further improvement of the developed models
and possible future applications.
Chapter 2
Muscle Pump
This chapter is based on: A 1D pulse wave propagation model of the hemodynam-
ics of calf muscle pump function, J.M.T. Keijsers, C.A.D. Leguy, W. Huberts, A.J.
Narracott, J. Rittweger and F.N. Vosse, International Journal of Numerical Methods in
Biomedical Engineering 31(7):e02714, 2015.
ABSTRACT
The calf muscle pump is a mechanism which increases venous return and thereby
compensates for the fluid shift towards the lower body during standing. During a
muscle contraction the embedded deep veins collapse and venous return increases.
In the subsequent relaxation phase, muscle perfusion increases due to increased per-
fusion pressure, as the proximal venous valves temporarily reduce the distal venous
pressure (shielding). The superficial and deep veins are connected via perforators,
which contain valves allowing flow in the superficial-to-deep direction. The aim
of this study is to investigate and quantify the physiological mechanisms of the calf
muscle pump, including the effect of venous valves, hydrostatic pressure and the su-
perficial venous system. Using a one-dimensional pulse wave propagation model,
a muscle contraction is simulated by increasing the extravascular pressure in the
deep venous segments. The hemodynamics are studied in three different configura-
tions: a single artery-vein configurationwith andwithout valves and amore detailed
configuration including a superficial vein. Proximal venous valves increase effec-
tive venous return by 53% by preventing reflux. Furthermore, the proximal valves
shielding function increases perfusion following contraction. Finally, the superficial
system aids in maintaining the perfusion during the contraction phase and reduces
the refilling time by 37%.
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2.1 Introduction
Orthostatic intolerance is observed in astronauts after spaceflight (Buckey et al.,
1996), in patients with spinal cord injury (Claydon et al., 2006), in de-conditioned
subjects, e.g. after bed rest (Butler et al., 1991), and is strongly associated with aging
(Rutan et al., 1992). In the upright position orthostatic intolerance may result in crit-
ical events such as syncope. Because of their high compliance and high storage ca-
pacity, veins are believed to play a major role in blood volume shifts from the upper
towards the lower body which is associated with orthostatic intolerance (Freeman
et al., 2002). In healthy subjects, this fluid shift is compensated for by amongst oth-
ers maintaining venous return, whereas venous return is impaired in patients with
orthostatic intolerance. Venous return can be restored by muscle contraction in the
lower limb, which promotes emptying of the venous system. Therefore, improved
understanding of the muscle pump effect on lower limb hemodynamics is important
to better comprehend the sources of orthostatic intolerance.
The muscle pump is a mechanism that promotes venous return via muscle contrac-
tion (Figure 2.1). During muscle contraction, the extravascular pressure increases
and exceeds the intravascular pressure resulting in the collapse and emptying of the
embedded deep veins (Laughlin, 1987; Na˚dland et al., 2009; Rowell, 1993). Unidi-
rectional flow is guaranteed by the presence of distal venous valves. During muscle
relaxation, the transmural pressure in the deep veins drops and the deep veins refill
from the micro-circulation, resulting in distal valve opening and proximal valve clo-
sure, preventing reflux (Laughlin, 1987). In the upright position the refilling time is
expected to decrease due to increased perfusion pressure, as closure of the proximal
venous valves reduces the distal venous pressure (shielding) (Pollack and Wood,
1949). It is hypothesized that superficial veins, connected to the deep veins by per-
forating veins, might further promote the efficiency of the muscle pump. Addi-
tional valves in the perforating veins allow flow only in superficial-to-deep direction
(Meissner, 2005) and, as a consequence, promote venous return during contraction
and venous filling during the relaxation phase. The collapsibility of the veins and
the dynamics of the venous valves, that direct the blood towards the heart and shield
hydrostatic pressure, are believed to be the main physiological factors in the muscle
pump effect (Rowell, 1993).
In this study, venous hemodynamics during muscle contraction and relaxation are
investigated using a mathematical modeling approach that enables simultaneous
analysis of venous collapse and valve dynamics. Furthermore, it allows study of
the influence of independent parameter variation. A one-dimensional pulse wave
propagation model is used, which has been well-established to examine and pre-
dict arterial hemodynamics (Bode et al., 2012; Leguy et al., 2010; Reymond et al.,
2009; van de Vosse and Stergiopulos, 2011), but has only been applied in few studies
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Figure 2.1: Schematic representation of the muscle pump effect during the A contraction and
B relaxation phase. During contraction, the deep vein collapses due to the extravascular pres-
sure pex exceeds the intravascular pressure. Venous return is increased, whereas back-flow
and flow to the superficial system is blocked by the distal and perforator valves. During the
relaxation, the deep vein is refilled from both the artery and the superficial vein, while the
perforator valves open and the proximal valve is closed to prevent back-flow.
Chapter 2 |Muscle Pump 17
to model venous hemodynamics (Brook et al., 1999; Mu¨ller and Toro, 2014). Mod-
eling venous hemodynamics is challenging because, in contrast to arteries, vessel
collapsibility and venous valves are important for many applications. Furthermore,
more anatomical variation is present in the venous system, e.g. the deep and superfi-
cial veins. Most models of venous hemodynamics account for the venous collapsed
state under negative transmural pressure by interpreting the collapsible tube law
as a non-linear cross-sectional area-pressure (A,p) relation (Fung, 1997; Pedley, 2008;
Shapiro, 1977). In addition to collapsibility, changes in hydrostatic pressure between
supine and upright position are also important when considering fluid volume shifts
and therefore cannot be ignored as is common in arterial models. Gravity has been
included in lumped-parameter models using an additional pressure source (Snyder
and Rideout, 1969) and can straightforwardly be included in the momentum equa-
tion of 1D pulse wave propagation models (Marchandise and Flaud, 2010), resulting
in a continuous gravity field. The inclusion of venous valves within such models al-
lows the transient shielding of hydrostatic pressure to be simulated (Zervides et al.,
2008) and their action to prevent back-flow. Valves are often represented by a perfect
diode in circulatory models (Bovendeerd et al., 2006), whereas more detailedmodels
include gradual opening and closing behaviour based on the transvalvular pressure
drop (Mynard et al., 2012) or force balance on the valve leaflets (Korakianitis and Shi,
2006).
Numerical studies of the muscle pump have been reported by Marchandise and
Flaud (2010) and Fullana and Zaleski (2008). Marchandise and Flaud (2010) sim-
ulated the contraction phase of the muscle pump considering changes in cross-sec-
tional area and wave speed of a collapsing tube, which were validated against in
vitro measurements. A normal and pathological case were simulated by inclusion
and exclusion of a venous valve in the distal boundary conditions. Fullana and Za-
leski (2008) performed a computational study of the muscle pump including a more
extensive anatomy of the venous system and although they did include valves, they
did not examine resulting valve dynamics. Although these studies have been able to
model specific venous physiology, an analysis of venous valve dynamics combined
with an increased perfusion pressure and the communication of deep and superfi-
cial venous systems during a muscle contraction has, to our knowledge, not yet been
undertaken.
Therefore, the aim of this study is to investigate the physiological mechanisms of
the calf muscle pump and its effect on venous return in the upright position using a
modeling approach. The 1D pulse wave propagation model of Kroon et al. (2012) is
extended to include venous properties: a collapsible tube law is implemented to ac-
count for the non-linear A,p-relation, gravity is included in the momentum equation
to account for the hydrostatic pressure and venous valves are included to prevent
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back-flow. We will show how the model can be used to explain the different phys-
iological mechanisms of muscle pump function, including the effect of (1) venous
valves, (2) hydrostatic pressure and (3) the deep and superficial venous system. In
three configurations with different level of detail, muscle contraction and relaxation
will be simulated by applying changes in extravascular pressure to study the valve
dynamics and the hemodynamics.
2.2 Methods
To study calf muscle pump function, a numerical model of the arteries and veins in
the calf was built. The calf muscle is perfused mainly by three arteries: peroneal,
anterior tibial, and posterior tibial, which are each associated with two veins (Meiss-
ner, 2005). Apart from these vessels, all embedded in the calf muscle, a superficial
system, of which the great and small saphenous vein are the largest vessels, sup-
plies the skin with blood (Meissner, 2005). The superficial veins are connected to
the deep venous system by a varying number of perforating veins, which contain
venous valves that open to allow flow towards the deep venous system (Meissner,
2005). The model used in this study contains all of these types of vessels. However,
to reduce the complexity of the system, but retain all essential elements, a generic
approach is chosen and one vessel of each type was included. Also for the inclu-
sion of venous valves a generic approach is chosen, by including a single proximal
and distal valve for each deep and superficial vein and one valve in each perforating
vein.
Three anatomical configurations are considered in this study (Figure 2.2); from the
simplest valveless single artery-vein configuration, via the inclusion of valves, to the
most complex arrangement which includes the superficial and perforating veins. By
comparing the different configurations the importance of venous valves, hydrostatic
pressure and the superficial system is studied. Simulation of hemodynamics was
undertaken in both the supine and upright positions, where the gravity vector is
aligned with the vessel axis in the upright position. The model formulation includes
both 1D and 0D components for which the governing equations are provided in
Sections 2.2.1 to 2.2.7 and the numerical formulation is provided in Section 2.2.8.
The geometrical parameters used for each region of the model were taken from the
literature (Mu¨ller and Toro, 2014) and are provided in Table 2.1, with the numbering
of each anatomical segment given in Figure 2.2. The constant parameters used for
the governing equations presented in Sections 2.2.1 to 2.2.7 are given in Table 2.2.
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A   REDUCED CONFIGURATION WITHOUT VALVES
B   REDUCED CONFIGURATION INCLUDING VALVES
C   DEEP-SUPERFICIAL CONFIGURATION
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Figure 2.2: Three different model configurations: A reduced configuration without valves B
reduced configuration including valves C deep-superficial configuration. All three configura-
tions consist of different elements: 1D arteries (AR) and deep (DV) and superficial veins (SV),
0D venous valves (VV), micro-circulation and in- and outflow boundary conditions (BC). The
length and radius of the 1D elements are not to scale (geometrical parameters of all 1D seg-
ments can be observed in Table 2.1). The z-positions indicate the locations where the flows are
determined as explained in Section 2.2.8.
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Table 2.1: Geometrical parameters of the different vessels (Mu¨ller and Toro, 2014) as depicted
in Figure 2.2. The four perforating veins contain of a valve (PV#-V), a deep (PV#-D) and a
superficial (PV#-S) vein of which the parameters are noted separately.
Vessel Numbering
(Figure 2.2)
Radius [mm] Length [cm] Configuration
(Figure 2.2)
artery AR1 2.5 34 A,B,C
deep vein DV1 1.5 34 A
DV2 1.5 4 B
DV3 1.5 24 B,C
DV4 1.5 4 B
DV5 1.5 2 C
DV6 1.5 2 C
superficial vein SV1 3.5 2 C
SV2 1.5 2 C
SV3 1.5 24 C
SV4 1.5 2 C
SV5 3.5 2 C
venous valves VV1 1.5 1 B,C
VV2 1.5 1 B,C
VV3 1.5 1 C
VV4 1.5 1 C
perforating vein PV#-S 0.5 1 C
PV#-V 0.5 1 C
PV#-D 0.5 1 C
Table 2.2: Constant model parameters
Symbol Value Unit Description
ρ 1050 kg m−3 Blood mass density (Westerhof et al., 1969)
g 9.81 m s−1 Gravitational acceleration
ν 0.5 - Poisson’s ratio (Westerhof et al., 1969)
E 1.6 MPa Arterial Young’smodulus (Westerhof et al., 1969)
pref,art 13 kPa Arterial reference pressure (Bessems et al., 2007)
b 10 - Constant Shapiro’s tube law (Shapiro, 1977)
c − 3
2
- Constant Shapiro’s tube law (Shapiro, 1977)
A+0 1.37 - Fitting constant
p+a -2.53 - Fitting constant
p+b 3.02 - Fitting constant
B 0.108 - Fitting constant
A−0 1.28 - Fitting constant
p−a -1.49 - Fitting constant
p−b 2.03 - Fitting constant
γ 4 - Fitting constant
η 4.05 mPa s Dynamic blood viscosity (Letcher et al., 1981)
∆p 12 kPa Pressure drop over micro-circulation (Hall, 2010)
τRC 2 s RC-time (Bessems et al., 2007)
pmax 20 kPa Maximal extravascular pressure (Rowell, 1993)
pin 13.4 kPa Inlet pressure boundary condition
pout 667 Pa Outlet pressure boundary condition
p0 0 Pa Extravascular pressure in windkessel elements
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2.2.1 1D Pulse wave propagation: arteries and veins
The relation between pressure and flow in the large arteries and veins are based
on the one-dimensional equations of mass and momentum balance (Hughes and
Lubliner, 1973; van de Vosse and Stergiopulos, 2011):
C
∂ptr
∂t
+
∂q
∂z
= 0, (2.1)
∂q
∂t
+
∂Av2z
∂z
+
A
ρ
∂p
∂z
=
2πa
ρ
τw +Agz, (2.2)
where C is the compliance per unit length, ptr is the transmural pressure, t is the
time, q is the flow and z is the axial coordinate. Additionally, in the momentum bal-
ance equation A = A(ptr) is the cross-sectional area, vz is the velocity in z-direction
averaged over the cross-sectional area, p is the intravascular pressure, a =
√
A/π
is the radius and ρ is the density of the blood. The wall shear stress is given by τw
and gz = g · ez is the contribution of gravitational acceleration in the z-direction,
where g is the gravity vector. The wall shear stress and non-linear convection term
are estimated using the approximated velocity profile of Bessems et al. (2007). The
gravity term is included in the derivation of the velocity profile. The resulting wall
shear stress and non-linear convection term are:
τw = −
2η
1− ζc
q
A
+
a
4
(1− ζc)
{
∂p
∂z
− ρgz
}
and Av2z ≈ δ1
q2
A
, (2.3)
where η is the dynamic viscosity, ζc is the dimensionless core thickness and δ1 a
function of ζc. To solve the above equations a constitutive law relating cross-sectional
area and pressure is needed for both arteries and veins.
2.2.2 Constitutive law for arteries
To capture the mechanical behaviour of the arterial wall, the system of equations is
completed with a linear A,p-relation for the arteries:
A = Aref,art + C(ptr − pref,art), (2.4)
where Aref,art is the cross-sectional area at reference pressure pref,art and C is the lin-
earized compliance per unit length around reference pressure pref,art. The compli-
ance is determined using thin-walled-cylinder theory for a linear isotropic elastic
material:
C =
∂A
∂ptr
∣∣∣∣ptr=pref,art = 2π(1− ν2)a30hE , (2.5)
where a0 =
√
Aref,art/π is the reference radius, ν is the Poisson’s ratio, h ≈ a0/10 is
the vessel wall-thickness (Westerhof et al., 1969) and E is the Young’s modulus.
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2.2.3 Constitutive law for veins
As the internal venous pressure is very low, the influence of the extravascular pres-
sure on the mechanical behaviour of the venous cross-sectional area is significant
and even negative transmural pressure can be reached, resulting in venous collapse.
As the mechanical behaviour of the venous wall is non-linear in this transmural pres-
sure range the proposed relation for the arteries can no longer be used. Therefore,
Shapiro (1977) derived the following relation to capture the collapse of the veins
based on in vitromeasurements.
ptr = Kp((A/Aref,ven)
b − (A/Aref,ven)
c), (2.6)
whereKp is the bending stiffness, and b and c are constants that determine the shape
of the tube law. To obtain a relation that captures the behaviour described by Equa-
tion 2.6, but cast in an A,p-relation, Equation 2.6 is approximated by the following
expression, which has a continuous first order derivative.
A = Aref,ven
{
h(p∗)f+(p∗) + (1− h(p∗))f−(p∗)
)
}, (2.7)
where Aref,ven is the reference cross-sectional area at zero transmural pressure and
p∗ = ptr/Kp is the dimensionless pressure. The functions f
+ and f− are fits of the
positive and negative pressure part of the original tube law of Shapiro (1977) and
h(p∗) is a scaling function.
f+(p∗) =
A+0
π
(
tan−1
(
p∗ − p+a
p+b
)
+
π
2
)
, (2.8)
f−(p∗) = B +
A−0
π
(
tan−1
(
p∗ − p−a
p−b
)
+
π
2
)
, (2.9)
and h(p∗) =
1
π
(
tan−1
(
γp∗
π
)
+
π
2
)
, (2.10)
whereB, A−0 , p
−
a , p
−
b , A
+
0 , p
+
a , p
+
b and γ are fitting constants determining the shape of
the A,p-relation. Venous compliance is calculated as the derivative of Awith respect
to ptr. Superficial veins differ from deep veins as they are less influenced by a muscle
contraction, which is included in the model by applying pex only to the deep veins.
Figure 2.3 shows a comparison between this approximation and the Shapiro tube
law.
2.2.4 0D Venous valves
The different states of the venous valves result in changes in resistance to flow. This
is included in the model using a diode with an extra inertial term to represent the
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Figure 2.3: A,p-relation according to Shapiro tube law: Equation(2.6) (-) and the fit: Equation
(2.7) (-·).
inertia of the blood. The pressure-flow relation within the valve region is defined as
follows:
∆p = L
∂q
∂t
+Rq, (2.11)
where L is the inertance and R is the resistance, defined to be equal to a Poisseuille
resistance in open state and very large in closed state.
L =
ρleff
A0
and R =
8πηleff
A2eff
(2.12)
where the effective cross-sectional area Aeff is
Aeff =
{
A0 if the valve is open
1 · 10−6A0 if the valve is closed
, (2.13)
where leff = 5a0 is an effective length, representing the geometrical region in which
the inertial forces are dominant due to the presence of the valve, and cross-sectional
area A0 is taken equal to the reference cross-sectional area of the connecting venous
elements. Opening occurs on a positive transmural pressure difference and the clo-
sure on negative flow.
2.2.5 0D Micro-circulation
To capture the pressure drop and the storage capacity of the micro-circulation a
windkessel element consisting of two resistances Rwk,i (i = 1, 2) and a compliance
Cwk connected to the extravascular pressure p0 is used, described by
∆pR = Rwk,iq,
∂ptr
∂t
=
1
Cwk
q, (2.14)
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where the first resistance Rwk,1 is set equal to the characteristic wave impedance of
the connecting arterial element given by
Rwk,1 =
√
ρ
A0C
. (2.15)
The total resistance is defined by the ratio of the pressure drop over the micro-
circulation∆p divided by the mean baseline flow q
Rwk,tot = Rwk,1 +Rwk,2 =
∆p
q
. (2.16)
Baseline flow is defined as 16 of a population averaged femoral artery flow of 2.78
mL/s (Leguy et al., 2013), because only one of the six deep veins is included in the
geometry. When the superficial system is included, 13 of the femoral artery flow
is used in order to maintain the same baseline flow in the deep vein. Finally, the
compliance of the micro-circulation is computed based on a representative value of
the time constant τRC, defining the decay of the pressure wave in diastole (van de
Vosse and Stergiopulos, 2011)
τRC = Rwk,2Cwk. (2.17)
The extravascular pressure of the micro-circulation is set to p0.
2.2.6 0D Boundary conditions
The arterial inlet and venous outlet are both connected to windkessel elements with
the same form as that of the micro-circulation. To avoid reflections of the higher or-
der harmonics the resistance connected to the 1D element is calculated using Equa-
tion (2.15), the second resistance is set equal to the first one and the compliance is
again calculated using Equation (2.17). It is noted that the windkessel elements are
not included to represent the vascular tree attached to the reduced circulation and
therefore the true value of the second resistance is of minor importance. The ex-
travascular pressure of the inlet and outlet boundary condition is set to p0. Inlet and
outlet boundary conditions are set to a constant pressure pin and pout respectively, to
simulate the pressure gradient between the arterial and venous circulation.
2.2.7 Muscular extravascular pressure
The extravascular pressure generated during the muscle contraction is applied to the
deep venous elements and not to the artery and superficial vein, as the embedded
artery is assumed to be less influenced due to its high intravascular pressure. Fur-
thermore, the influence of muscle contraction on the superficial vein is assumed to
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Figure 2.4: Extravascular pressure of the deep veins is increased to simulate a muscle contrac-
tion. Plot A and B show the spatial m(z) and temporal k(t) course of extravascular pressure
as applied to the deep venous elements respectively (see Appendix A for the full equations of
m(z) and k(t)). The grey area’s in the spatial plot indicate the location of the venous valves.
be negligible compared to the influence on the deep vein, due to the location of the
superficial vein in the skin. The prescribed extravascular pressure is assumed to be
pex,ven = pmaxk(t)m(z), (2.18)
where pmax is the maximal value of extravascular pressure, k(t) the temporal course
of the extravascular pressure and m(z) the spatial course of the extravascular pres-
sure. The spatial and temporal variation in extravascular pressure are shown in Fig-
ure 2.4 and the full equations of k(t) andm(z) are given in Appendix A.
2.2.8 Numerical implementation and post-processing
The governing equations described in Section 2.2.1 to 2.2.7 were solved numerically
using the finite element package SEPRAN (Ingenieursbureau SEPRA, Leidschen-
dam, The Netherlands) with the reduced complexity method as described by Kroon
et al. (2012). A second order backward difference scheme was used for time dis-
cretization with timestep dt = 1 ms. The trapezium rule was used for spatial inte-
grationwith dz = 10mm for arterial and superficial venous elements and dz = 1mm
for deep venous elements, as the spatial transmural pressure gradient can be much
higher in the deep venous elements due to the prescribed muscle contraction. Pre-
and postprocessing was done using MATLAB R2012b (MathWorks, Natick, MA).
To compare the muscle pump function in the different configurations several pa-
rameters were defined. First, the additional volume that refills the deep vein from
the micro-circulation during the relaxation, called perfusion volume VPE, was calcu-
lated as a measure of increase in perfusion. The increase in venous return during
the contraction phase is captured in the additional volume that leaves the deep vein,
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called venous return VVR. Finally, the reflux volume VRE was calculated as a measure
for the volume that refills the veins from the proximal side of the vein, decreasing
the effective venous return. VPE, VVR and VRE were calculated using the following
relations
VPE =
∫ tend
t=t0
(qart − qart,bl)dt for qart > qart,bl, (2.19)
VVR =
∫ tend
t=t0
(qven − qven,bl)dt for qven > qven,bl, (2.20)
VRE = −
∫ tend
t=t0
(qven)dt for qven < 0, (2.21)
where qart is the arterial flow into the micro-circulation (at position z1 in Figure 2.2),
qart,bl is the arterial flow just before the onset of the contraction (t = 1 s), qven is the
venous flow at the end of the deep vein (at position z2 in Figure 2.2) and qven,bl is the
venous flow just before the onset of the contraction (t = 1 s). Furthermore, to deter-
mine the time needed for the deep vein to refill during the relaxation, an estimate for
the refilling time tfill was determined from the start of relaxation (t = 3 s) until the
volume of the deep vein reached 95% of the baseline volume. Finally, to measure the
decrease in arterial inflow due to contraction, the change in arterial inflow ∆qart was
calculated relative to the arterial baseline flow qart,bl. As the computational domain
only covered a small part of the calf circulation, relative changes of the previously
defined parameters were used to provide an indication of the magnitude of changes
between different configurations. Additionally deep and superficial venous inflow
were determined at location z3 and z4 respectively (Figure 2.2). The perforating in-
flow was calculated as the sum of the flows at locations z5.
2.2.9 Simulations and analysis
To demonstrate that the model is able to capture the different aspects of the muscle
pump effect the following comparisons were made
• Venous collapsibility: Collapse was demonstrated using a reduced geometry
without valves in the supine position as in Figure 2.2A.
• Effect of venous valves: To demonstrate that the venous valves prevent back-
flow in both the contraction and relaxation phase, a muscle contraction was
simulated in a reduced configuration with and without valves (see Figure 2.2B
and A respectively), both configurations in the supine position.
• Effect of hydrostatic pressure: The reduced configuration including valves was
simulated in the supine and upright positions to examine the influence of hy-
drostatic pressure (see Figure 2.2B).
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• Effect of superficial system: The complex venous system was compared to the
reduced geometry in the upright position (see Figure 2.2C and B respectively)
to investigate the influence of the superficial system on the valve dynamics and
the hemodynamics.
2.3 Results
The hemodynamics during a muscle contraction are reported using the different
model configurations shown in Figure 2.2. The results are reported in four sections
which examine the course of the deep venous collapse, the effect of venous valves,
the effect of hydrostatic pressure and the importance of the superficial system re-
spectively.
2.3.1 Venous collapsibility
The time and spatial course of venous collapse during a muscle contraction is stud-
ied in the configuration without venous valves (see Figure 2.2A). The temporal and
spatial plots of cross-sectional area of the deep vein at several axial positions and
time points respectively are shown in Figure 2.5. For clarity, the temporal plots (Fig-
ure 2.5C,E) are split into the distal and proximal region and the spatial plots (Figure
2.5D,F) are split into time points during contraction and relaxation.
During the contraction phase in the temporal plot (1 s ≤ t ≤ 2 s, Figure 2.5C,E) it
can be observed that the collapse starts at the proximal side, as the blue and black
curve in the proximal plot show a higher gradient than the green and orange curve
in the distal plot. Furthermore, the uncollapsed proximal and distal part of the vein
increases in cross-sectional area during the contraction phase, which is best observed
in Figure 2.5D while comparing all curves to the black curve (before contraction). In
the subsequent relaxation phase the vein refills from the distal side.
2.3.2 Effect of venous valves
The influence of venous valves on venous hemodynamics during muscle pump ac-
tivation was assessed by comparing the configuration without venous valves to the
one with venous valves (Figure 2.2A and B respectively). The results from the two
simulations are compared in Figure 2.6, which reports the extravascular pressure
and the state of the proximal (VV2) and distal (VV1) valves (Figure 2.6A), the arte-
rial inflow (Figure 2.6B), venous outflow (Figure 2.6C) and venous volume (Figure
2.6D). Grey regions in Figure 2.6B and C indicate the extra volume due to perfusion
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Table 2.3: Venous return (VVR), perfusion (VPE) and reflux volumes (VRE), refilling time tfill
and the relative decrease in arterial inflow during the muscle contraction∆qart as indicated in
Figure 2.6, 2.7 and 2.9 and explained in Equation (2.20), (2.19) and (2.21)
VVR [mL] VPE [mL] VRE [mL] tfill [s] ∆qart [%]
No valves, supine (Figure 2.2A) 0.87 0.10 0.46 1.69 106
Valves, supine (Figure 2.2B) 0.88 0.17 0.00 2.62 97
Valves, upright (Figure 2.2B) 0.92 0.26 0.00 2.45 97
Complex venous system (Figure 2.2C) 0.85 0.16 0.00 1.54 6
VPE, venous return VVR and reflux VRE for which the numerical values are reported
in Table 2.3.
During the initial phase of the muscle contraction (1 s ≤ t ≤ 1.5 s) increased venous
outflow is observed in Figure 2.6C. In the second part of the contraction (1.5 s ≤
t ≤ 2 s), the flow decreases and stabilizes under constant extravascular pressure
(2 s ≤ t ≤ 3 s). The extra volume venous return VVR is only slightly increased after
the inclusion of venous valves. Along with increased venous outflow, a decrease in
arterial inflow of 97% is observed during the contraction in the case where valves are
included. When no valves are present, arterial flow decreases below zero to −6% of
baseline arterial flow, resulting in back-flow. In Figure 2.6A the distal valve (VV1) is
observed to close during part of the contraction.
In the subsequent relaxation phase (t > 3 s) arterial flow increases, resulting in an
extra perfusion volume VPE of 0.17mL and 0.10mL with and without valves respec-
tively. The proximal valve (VV2) closes and the venous flow reduces to zero when
valves are included, resulting in a zero reflux volume VRE. Without valves negative
venous outflow results in a reflux volume VRE of 0.46mL that refills the vein from the
proximal side. Figure 2.6D compares the volume of the deep vein over time in both
cases and reveals a faster refilling if no valves are included, quantified by measure-
ment of the refilling time without valves, tfill = 1.69 s, and with valves, tfill = 2.62 s
(Table 2.3).
2.3.3 Effect of hydrostatic pressure
The effect of hydrostatic pressure was studied by comparing the hemodynamics in
the supine and upright positions, with valves included in both cases (Figure 2.2B).
The results from the two simulations are compared in Figure 2.7, which reports the
extravascular pressure and the state of the proximal (VV2) and distal (VV1) valves
(Figure 2.7A), the arterial inflow (Figure 2.7B), venous outflow (Figure 2.7C) and
perfusion pressure (Figure 2.7D). Grey regions of Figure 2.7B and C indicate the extra
volume due to perfusion VPE and venous return VVR for which numerical values are
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Figure 2.6: The muscle pump effect is shown in the reduced geometry in the case valves
are excluded (blue) and included (red) (see Figure 2.2A and B). In plot A the course of the
extravascular pressure and the state of the proximal (VV2) and distal (VV1) valve are shown,
where the closed state is denoted with a solid line. Plot B and C show the arterial inflow and
venous outflow respectively. The grey areas indicate the extra perfusion (VPE), venous return
(VVR) and reflux volume (VRE) of which the values can be found in Table 2.3. PlotD shows the
volume inside the deep vein.
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reported in Table 2.3.
During the contraction phase (1 s ≤ t ≤ 2 s) similar flow patterns are observed in
supine and upright position, with a small increase of 0.04 mL in the venous return
volume VVR in the upright position. In the subsequent relaxation phase (t > 3 s),
the arterio-venous perfusion pressure (Figure 2.7D) is elevated, while the proximal
valve (VV2) is closed, with a maximal difference of 2.3 kPa. This increased perfusion
pressure is accompanied with an increase in arterial inflow and a 0.09 mL increase
in perfusion volume VPE. The venous refilling process is slightly faster in the upright
position as it reaches a 95% refilling in 2.45 s instead of 2.62 s (see Table 2.3).
Figure 2.8 shows the spatial variation of internal venous pressure and cross-sectional
area at different time points during the relaxation phase in upright position. The
pressure gradient over the whole length of the vein is observed to be equal to −ρg at
t = 6.0 s.
2.3.4 Effect of superficial system
The influence of the superficial venous system was studied by comparing the hemo-
dynamics in a reduced and deep-superficial configuration (including one superficial
and four perforating veins). Both models included valves and were simulated in
upright position (Figure 2.2B and C respectively). The results from the two simula-
tions are compared in Figure 2.9, which reports the extravascular pressure and the
state of the proximal (VV2) and distal (VV1) valves (Figure 2.9A), the arterial inflow
(Figure 2.9B), deep venous outflow (Figure 2.9C) and total venous volume (Figure
2.9D). Grey regions of Figure 2.9B and C indicate the extra volume due to perfusion
VPE and venous return VVR for which numerical values are reported in Table 2.3.
During the contraction phase (1 s ≤ t ≤ 2 s) arterial inflow remained high when the
superficial system was included (∆qart = 6%) compared with a large reduction when
only the deep system was included (∆qart = 97%) (Figure 2.9 and Table 2.3). The ve-
nous return during the relaxation phase is slightly reduced with VVR = 0.85 mL in
the deep-superficial configuration and VVR = 0.92 mL in the reduced configuration.
In the subsequent relaxation phase a faster refilling is observed in the more detailed
configuration, quantified by measurement of the refilling time in the reduced con-
figuration, tfill = 2.45 s, and including the superficial system, tfill = 1.54 s (Figure
2.9D and Table 2.3). The perfusion volume in the deep-superficial configuration is
decreased by 0.10mL compared to the reduced configuration.
Figure 2.10 shows detailed venous dynamics for the deep-superficial configuration,
reporting the state of one perforating valve and the extravascular pressure (Figure
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Figure 2.7: The muscle pump effect is shown in the reduced configuration including valves
(see Figure 2.2B) in the supine (blue) and upright (red) positions. In plot A the course of the
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Figure 2.8: Spatial pressure and cross-sectional area at different point in time during the re-
laxation in upright position (Figure 2.2B). The grey area’s represent the venous valves.
2.10A), the deep venous inflow (Figure 2.10B), superficial venous inflow (Figure
2.10C) and total perforating venous inflow (Figure 2.10D).
During the contraction phase (1 s ≤ t ≤ 2 s) deep venous inflow decreases and su-
perficial inflow increases. In the subsequent relaxation phase (t ≥ 3 s) superficial
inflow decreases, deep inflow increases and perforator inflow increases. The perfo-
rating valve is closed during the whole contraction phase (1 s ≤ t ≤ 3 s) and alters
state continuously after the relaxation (4 s ≤ t ≤ 6 s).
2.4 Discussion
This study examined the main mechanisms of the muscle pump effect using a 1D
pulse wave propagation model that includes venous collapsibility, gravity and ve-
nous valves. Different configurations of the model were used to investigate the ef-
fect of venous valves, hydrostatic pressure and the superficial venous system on the
valve dynamics and hemodynamics during calf muscle contraction. The results pre-
sented in Section 2.3 show the details of the hemodynamics observed within each
of the model configurations. The following discussion compares these results with
other publications which report specific features of the venous behaviour along with
opportunities for further refinement of the modeling approach.
In the current study muscle contraction was simulated by increasing extravascular
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Figure 2.9: The muscle pump effect is shown with the absence and presence of the superficial
venous system (see Figure 2.2B and C). In plot A the course of the extravascular pressure and
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with a solid line. Plot B and C show the arterial inflow and venous outflow respectively. The
grey areas indicate the extra perfusion (VPE), venous return (VVR) and reflux volume (VRE) of
which the values can be found in Table 2.3. PlotD shows the volume inside the deep vein.
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pressure on the deep veins, resulting in a collapse developing from the proximal
towards the distal side of the vein. This behaviour is in agreement with the fast col-
lapse near the outlet of the tube observed in the simulations and in vitro experiments
of Marchandise and Flaud (2010), which can physically be explained by the lower
hydrostatic pressure at the proximal end. Collapse results in an increased venous
outflow with a peak value of five times the baseline flow. These results are in line
with the sevenfold flow augmentation observed numerically and in vivo by Fullana
and Zaleski (2008) in the common femoral vein. The results presented in Section 2.3
support the in vivo observations of Criso´stomo et al. (2014) that venous flow veloc-
ity augmentation is not significantly different between patients with venous valve
insufficiency and healthy subjects. This can be considered by comparing results be-
tween the models with and without valves, where the absence of valves represents
the extreme case of valve incompetence, which is often a feature of chronic venous
disease. The increased arterial flow observed during the refilling shows the same
behaviour as observed by Fullana et al. (2003): initial rapid increase, quasi-steady
filling resulting in an almost linear decay in flow, and a final stage, where the flow
goes back to its baseline value. The spatial and temporal course of collapse are in
line with previous studies.
The main effects of including venous valves were observed in the relaxation phase.
Without valves the refilling of the vein occurred from both the distal and proximal
side. Refilling from the proximal side resulted in a reflux volume of 0.46 mL, 53%
of the extra venous return volume generated during the muscle contraction. The
consequence of single-sided refilling, when valves are included, is an associated in-
crease in both refilling time tfill and perfusion volume VPE. We found in this study
that the proximal valve is essential to the efficiency of the muscle pump, whilst the
distal valve does not significantly impede arterial back-flow, as the high resistance
of the micro-circulation prevents this, both with and without valves.
Including hydrostatic pressure in upright position increased the arterial inflow dur-
ing the relaxation phase, as a result of the increased perfusion pressure. Although
one might logically relate the increased perfusion pressure to hydrostatic pressure
shielding by the proximal valve, the observed increase of perfusion pressure of 2.3
kPa cannot be accounted for by the hydrostatic pressure of the 5 cm segment of vein
proximal to the valve (0.5 kPa). Studying the spatial pressure distribution in the vein
(Figure 2.8) reveals a pressure drop over the closed proximal valve higher than the
contribution of the hydrostatic column alone. This phenomenon was also reported
by Zervides et al. (2008) in a numerical study and observed in vitro by Raju et al.
(1998). This pressure drop is associated with fluid redistribution from the proxi-
mal to distal section due to gravitational loading, lowering the pressure below the
proximal valve and thereby increasing the pressure drop over the valve. For the
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internal deep venous pressure this means that it keeps decreasing until the end of
the relaxation due to the low filling and the removal of the extravascular pressure.
While filling progresses the deep venous pressure increases until the proximal valve
opens. Furthermore, the spatial pressure plot shows a pressure gradient along the
vein, that is larger than the hydrostatic pressure gradient in the initial phase of the
refilling (t < 4 s), which is caused by the resistance of the collapsed area. A similar
phenomenon is described by Young and Tsai (1973a,b) while studying the pressure
drop over a stenosis. Our study suggests that the total pressure drop along the deep
vein is determined by the state of refilling and the resistance of the collapsed area.
The most important effect of including the superficial venous system can be seen in
changes in the arterial flow during the muscle contraction. In the configurations with
only a deep venous system a decrease in arterial inflow of 97%was observed during
the muscle contraction, whereas arterial flow was only reduced by 6% when the su-
perficial systemwas included in the model. The division of arterial flow between the
deep and superficial vein (Figure 2.10) changes significantly during muscle contrac-
tion with the deep venous inflow decreasing to zero and a large increase in superfi-
cial venous flow. This can be explained by the increased resistance of the deep vein
as it collapses, with the superficial vein remaining circular with low resistance. In the
subsequent relaxation phase, the flow in the superficial vein is observed to approach
zero, whereas the deep venous inflow receives most of the arterial flow, due to the
lower pressure in the deep vein. Although the perfusion volume decreases while
including the superficial system, the refilling time is 37% shorter. The alteration of
open and closed state of the perforating valve in the late relaxation phase seems a
numerical artifact, but might also be explained physiologically. During the late re-
laxation the deep and superficial vein have a similar filling and therefore a similar
pressure, which means the pressure difference between deep and superficial easily
changes sign and therefore easily opens or closes the valve. Furthermore, it has to
be noticed that these fast alterations in valve state have no influence on the general
flow dynamics. Summarizing, the superficial system is found to be of importance for
maintaining calf perfusion during the contraction phase and decreasing the refilling
time in the relaxation phase.
The collapse course of the deep vein is determined by its A,p-relation, which is cur-
rently based on the work of Shapiro (1977) and the bending stiffness of Mu¨ller and
Toro (2014). Using ex vivo or in vivo pressure and cross-sectional area measurements,
as done by Bassez et al. (2001), could provide a more realistic relationship resulting
in amore accurate prediction of the volume shifts. However, we expect that effects of
an experimentally determined tube law would not be significant for the qualitative
study of the muscle pump. The course of the collapse could also be improved while
using a more realistic course of extravascular pressure, which is now included as a
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smooth sinus function in order to have a clear distinction between the contraction
and relaxation phase. An electromyogram (EMG) of a muscle contraction could be
used to provide a more realistic course of the extravascular pressure (Maton et al.,
2006). Apart from the pressure originating from the muscles, the arteries, running in
parallel with the veins, are also known to slightly compress the veins, which expe-
rience the arterial pulsatility as an extravascular pressure (Fox, 2001). However, this
pressure is expected to be much lower than the extravascular pressure originating
from the muscle contraction.
A second important part of the model are the valve elements, which are currently
modeled as a resistance and an inertance, and open with a positive pressure gradient
and close with negative flow. More advanced models could be used to capture the
detailed physiology of venous valve dynamics (Korakianitis and Shi, 2006). Includ-
ing a continuous valve cross-sectional area would allow slow opening and closing
and enable modeling of valve regurgitation (Mynard et al., 2012). The distal valve
was shown to be of minor importance in impeding arterial back-flow due to the
high resistance of the micro-circulation. However, it has to be noticed that the cur-
rent configuration is a simplified representation of the calf vasculature. Inclusion of
a parallel branch representing the foot vasculature, could increase the importance of
the distal valve by blocking back-flow toward the foot during the contraction. Fur-
thermore, in this study only a small number of valves were included to demonstrate
the effect of valves at the proximal and distal position. Anatomical data (Meissner,
2005) suggests a higher number of valves in the calf veins. The inclusion of extra
venous valves may result in an increased perfusion pressure if a full model of the
circulation is considered, whereas this effect is expected to be small when only the
calf is modeled.
The current model used a constant pressure boundary condition on both the arterial
and venous side, thereby neglecting the arterial and venous pulsatility. Preliminary
model results showed that the inclusion of a pulsatile arterial boundary condition
did not propagate significant pulsatility to the venous system and did not alter the
mean flow dynamics. As venous pulsatility is very variable due to the large influence
of breathing and right atrium contraction (Abu-Yousef et al., 1997; Chavhan et al.,
2008), a pulsatile venous boundary was not implemented. Therefore, development
of a closed loop model is necessary to investigate the influence of pulsatility on the
muscle pump effect.
Although a maximal 1.5 fold increase in arterial flow is observed in the relaxation
phase, it is much smaller than the up to 7 fold increase observed in vivo after a four-
second contraction of the calf muscle by Leguy et al. (2013). However, the increase
in arterial inflow during the first five seconds is known to be a combination of the
muscle pump and rapid vasodilation (Tschakovsky et al., 1996), of which the latter is
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currently not included. Extending the model with regulation of the micro-circulation
could help in better predicting the arterial flow during the relaxation phase. Previous
modeling studies have successfully included local cerebral auto-regulation (Olufsen
et al., 2005; Spronck et al., 2012) including myogenic, metabolic, neurogenic and en-
dothelial regulationmechanisms, which could be adapted to simulate changes in calf
vascular tone.
The muscle pump effect is not the only mechanism of importance for studying the
fluid shift on orthostatic stress. Considering the importance of other regulatory
mechanisms such as the baroreflex and the effect of venous return on cardiac output
during tilt (Rowell, 1993), requires a more global circulatory model. Olufsen et al.
(2005) developed a closed loop model to study the effect of tilt on hemodynamics,
while including global autonomic and cerebral auto-regulation. Furthermore, Heldt
et al. (2002) studied the effect of tilt and lower body negative pressure (LBNP) using
a closed loop lumped parameter model including the arterial and cardiopulmonary
baroreflex. However, both models use a lumped parameter approach with a lim-
ited number of compartments. These models do not take into account pressure and
flow wave propagation phenomena or collapsibility of the veins as reported in this
paper. In future research, we aim to develop a global, closed loop 1D pulse wave
propagation model of the total circulation, including regulation mechanisms such as
the baroreflex and local auto-regulation, to gain further insight into the mechanisms
responsible for reducing fluid shifts during tilting.
A further advantage of a closed-loop model is that it allows the influence of the full
hydrostatic column to be considered. To demonstrate the influence of this effect in
the current model (reduced configuration with and without valves in the upright
position) a ρgh term (with h = 1.0 m) was added to the pressure at the inlet and
outlet (pin and pout respectively). The results of these simulations, shown in Figure
2.11 and Table 2.4, further highlights the importance of the venous valves as the
reflux volume VRE increased to 67% of the venous return volume VVR (Figure 2.11 and
Table 2.4). The abrupt increase of venous outflow at the end of the relaxation phase
is most probably caused by the fact that, in this pressure regime, a small increase in
cross-sectional area is accompanied by a large increase in pressure. Furthermore, a
higher perfusion was observed in the relaxation phase, while the perfusion pressure
increased.
Apart from studying the muscle pump effect, the current model has potential appli-
cation to specific clinical conditions. Inclusion of leaking valves could inform un-
derstanding of the effect of valve insufficiency on venous hemodynamics. Further-
more, cuff compression is used to promote venous return in particular conditions,
the model could be used to study different compression patterns to improve cuff ef-
ficiency, as suggested by Simakov et al. (2013). A series of contractions is expected
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Figure 2.11: The muscle pump effect is shown in the reduced geometry in case valves are ex-
(blue) and included (red) with the full hydrostatic column on the boundary conditions (see
Figure 2.2A and B). In plot A the course of the extravascular pressure and the state of the
proximal and distal valve are shown, where the closed state is denoted with a solid line. Plot
B and C show the arterial inflow and venous outflow respectively. The grey areas indicate the
extra perfusion (VPE), venous return (VVR) and reflux volume (VRE) of which the values can be
found in Table 2.3. PlotD shows the perfusion pressure.
Table 2.4: Venous return (VVR), perfusion (VPE) and reflux volumes (VRE), refilling time tfill
and the relative decrease in arterial inflow during the muscle contraction∆qart as indicated in
Figure 2.11 and explained in Equation (2.20), (2.19) and (2.21)
VVR [mL] VPE [mL] VRE [mL] tfill [s] ∆qart [%]
No valves, upright, full pH
(Figure 2.2A)
0.87 0.08 0.58 1.10 44
Valves, upright, full pH
(Figure 2.2B)
0.86 0.35 0.00 1.77 44
Chapter 2 |Muscle Pump 41
to result in lower filling of the veins, as a second contraction can start before the
vein is fully refilled. This lower filling of the veins results in a lower pressure in the
vein, maintaining a higher perfusion pressure. Secondly, this lower venous pressure
also results in a smaller pressure difference with the surrounding tissue and there-
fore less edema is expected. Modeling a series of contractions, therefore necessitates
inclusion of filtration mechanisms and local auto-regulation.
2.5 Conclusion
A 1D pulse wave propagation model has been developed which allows the study of
lower limb hemodynamics duringmuscle pump activation. Themodel is able to pre-
dict the increase in venous return during muscle contraction. As the proximal valves
close during the relaxation phase reflux is prevented, which without valves resulted
in a loss of 53% of effective venous return. Furthermore, the shielding function of
the valves increased the perfusion in the relaxation phase. Finally, inclusion of the
superficial venous system demonstrates the role of the superficial veins in maintain-
ing arterial inflow during muscle contraction and decreasing refilling time by 37%
during relaxation.
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Chapter 3
Venous Valves
This chapter is based on: Global sensitivity analysis of a model for venous valve
dynamics, J.M.T. Keijsers, C.A.D. Leguy, W. Huberts, A.J. Narracott, J. Rittweger
and F.N. Vosse, Journal of Biomechanics, 2016.
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ABSTRACT
Chronic venous disease is defined as dysfunction of the venous system caused by
incompetent venous valves with or without a proximal venous obstruction. Assess-
ing the severity of the disease is challenging, since venous function is determined
by various interacting hemodynamic factors. Mathematical models can relate these
factors using physical laws and can thereby aid understanding of venous (patho-
)physiology. To eventually use a mathematical model to support clinical decision
making, first the model sensitivity needs to be determined. Therefore, the aim of
this study is to assess the sensitivity of the venous valve model outputs to the rel-
evant input parameters. Using a 1D pulse wave propagation model of the tibial
vein including a venous valve, valve dynamics under head up tilt are simulated. A
variance-based sensitivity analysis is performed based on generalized polynomial
chaos expansion. Taking a global approach, individual parameter importance on
the valve dynamics as well as importance of their interactions is determined. For
the output related to opening state of the valve, the opening/closing pressure drop
(dpvalve,0) is found to be the most important parameter. The venous radius (rvein,0) is
related to venous filling volume and is consequently most important for the output
describing venous filling time. Finally, it is concluded that improved assessment of
rvein,0 and dpvalve,0 is most rewardingwhen simulating valve dynamics, as this results
in the largest reduction in output uncertainty. In practice, this could be achieved us-
ing ultrasound imaging of the veins and fluid structure interaction simulations to
characterize detailed valve dynamics, respectively.
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3.1 Introduction
Chronic venous disease is defined as dysfunction of the venous system caused by
incompetent venous valves either with or without a proximal venous obstruction
(international consensus committee on chronic venous disease (Porter et al., 1995)).
As a result of venous valve incompetence, the muscle pump efficiency is signifi-
cantly reduced, which has a negative effect on venous return, especially in upright
position (Laughlin, 1987). Additionally, chronic venous disease results in increased
venous pressure and blood accumulation in the leg (Bergan et al., 2006). Venous hy-
pertension, in turn, may contribute to the development of varicose veins (affecting
one third of the Western population (Evans et al., 1999)) and in the long term to skin
changes including pigmentation, venous eczema and even venous ulcers (chronic
venous insufficiency) (Eberhardt and Raffetto, 2005).
For diagnosis of chronic venous disease Doppler ultrasound or phlebography (ve-
nous X-ray with contrast-agents) are often used to assess the location of leaking
valves and varicose veins (Coleridge-Smith et al., 2006; Eberhardt and Raffetto, 2005;
Nicolaides, 2000). Although these methods can adequately detect local defects, they
cannot determine the hemodynamic consequences of the disease, such as increased
venous pressure and muscle pump inefficiency. Therefore, global measures such as
venous pressure or venous calf volume (using air plethysmography (Criado et al.,
1998; Eberhardt and Raffetto, 2005)) should be examined after calf muscle contrac-
tions or under head up tilt (i.e. going from supine to upright position without
putting weight on the limb being measured). With these methods global diagnostic
parameters, related to either venous refilling speed following tilt or ejection fraction
after muscle contraction, can be assessed (Katz et al., 1991); e.g. venous filling index
(V FI = ∆V∆t
∣∣
90%refilling
), which is measured after tilt. However, measuring venous
pressure is invasive and air plethysmography is not available in every vascular lab-
oratory.
An alternative approach to assess the global severity of chronic venous disease is the
use of mathematical models based on physical laws and physiological mechanisms.
These models can quantitatively predict hemodynamic parameters, that are impor-
tant for the development of chronic venous disease and are difficult to measure. In
the last decade, reduced order models of arterial hemodynamics have developed
to a stage where they not only aid understanding cardiovascular (patho-)physiology
(Boileau et al., 2015; Shi et al., 2011; van de Vosse and Stergiopulos, 2011), but are also
being validated to support clinical decision making (Caroli et al., 2013; Marchandise
et al., 2009). For the venous system relatively few reduced order models have been
developed to examine hemodynamics (Mu¨ller and Toro, 2014; Mynard and Smolich,
2015), regulation (Simakov et al., 2013) and valve dynamics (Chapter 2), but these
do include sufficient detail to capture generic venous function and the interplay be-
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tween the various valves and veins. Although these models are suitable for assess-
ment of the hemodynamic significance of chronic venous disease, they have not yet
been applied in this context. Most models used to represent venous valve dynam-
ics are generally only able to represent the open and closed state (diode) (Fullana
and Zaleski, 2008; Mu¨ller and Toro, 2014; Zervides et al., 2008), whereas reduced or-
der heart valve models provide more detail (Werner et al., 2002; Zacek and Krause,
1996). More sophisticated reduced-order valve models have been developed by Ko-
rakianitis and Shi (2006), who included valve leaflet motion based on a force balance
and Mynard et al. (2012), who related valve opening state to the pressure drop over
the valve. The latter model was extended by Pant et al. (2015) to include valve re-
gurgitation due to valve prolapse. These versatile valve models are also preferred
for the venous system as they can model regurgitation in leaking valves and allow
more detailed studies of venous valve dynamics, such as capturing venous valve dy-
namics under head up tilt. Unfortunately, these models require the introduction of
more model parameters, which may increase the resulting uncertainty of the model
output.
To eventually use such models to support clinical decision making, it is essential to
assess the influence of the input parameters on the model output, which can be ad-
dressed through a sensitivity analysis. Using a global method both the importance
of individual parameters and their interactions can be assessed (Eck et al., 2016).
Furthermore, knowing which parameters are most important, allows for refinement
of clinical measurement protocols when using these models to support clinical deci-
sion making. Additionally, parameters that are difficult to measure can be assessed
by using fluid structure interaction simulations.
The aim of this study is to investigate the sensitivity of a mathematical model of a
tibial vein simulating venous valve dynamics under head up tilt. Our previously
presented venous model (Chapter2) is extended with the versatile valve model of
Mynard et al. (2012). The influence of venous filling and valve input parameters on
the valve dynamics in a healthy subject is assessed via a sensitivity analysis based on
generalized polynomial chaos expansion (gPCE). Finally, it is investigated whether
more detailed fluid structure interaction simulations are necessary to inform the re-
duced order model.
3.2 Methods
To examine the dynamics of a healthy venous valve under head up tilt, a pulse wave
propagation model of a vein including a single valve was developed (Figure 3.1).
The pulse wave propagation model enables a continuous distribution of gravity, al-
lows an easy extension of the model configuration to a larger domain and includes
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non-linear effects.
3.2.1 Model
The governing model equations are described in this section. This includes the 1D
venous pulse wave propagation model, the 0D venous valve model and the bound-
ary conditions. The baseline values of the model parameters can be found in Table
3.1.
Table 3.1: Model parameters: Baseline value and description are given. Further-
more, for the parameter included in the sensitivity analysis, the uncertainty range
is given in the last column.
Symbol Value Unit Description Range
ldist 10 cm Length distal part 1D vein -
lprox 20 cm Length proximal part 1D vein -
pex 0 Pa Extravascular pressure
g 9.81 m s−2 Gravitational acceleration on earth -
Aeff,min 1 · 10
−20 m2 Minimal effective cross-sectional area -
αrot 0− π/2 rad Tilting angle (supine to upright) -
p0 0 Pa Extravascular pressure in windkessel el-
ement
-
pwk,in 12.0 kPa Constant inlet pressure -
pwk,out 700 Pa Constant outlet pressure -
η 4.5 · 10−3 Pa Dynamic blood viscosity: Typical viscos-
ity used in 1D hemodynamics models is
taken as a reference with an uncertainty
of 20% (Boileau et al., 2015).
[3.6, 5.4] · 10−3
βl 1.0 - Effective length venous valve ratio (βl =
leff
rvein,0
): Ratio of the effective length of
the venous valve relative to the radius
of the connecting vein (Mynard and
Smolich, 2015)
[0.5, 2.0]
ρ 1050 kg/m3 The arterial blood density has a value
between the 1045 and 1055 kg/m3 and
venous blood density is on average 0.1
kg/m3 less than arterial blood density
(Kenner, 1989).
[1040, 1060]
βA 0.65 - Effective valve cross-sectional area ra-
tio βA =
Aeff,max
Avein,0
: Ratio of valve cross-
sectional area to the cross-sectional area
of the connecting vein. The valve is
observed to create a stenosis in the
fully open state (Lurie et al., 2003; Mc-
Caughan et al., 1984).
[0.4, 1.0]
Kvo 0.3 Pa−1 s−1 Valve opening constant: The full range
of values reported by Mynard and
Smolich (2015) is covered.
[0.2, 0.4]
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Table 3.1 – continued from previous page
Symbol Value Unit Description Range
Kvc 0.3 Pa−1 s−1 Valve closing constant: The full range of
values reported by Mynard and Smolich
(2015) is covered.
[0.2, 0.4]
dpvalve,0 0 Pa Opening/closing pressure drop over the
valve (dpvalve,0 = pdist − pprox) (Fig-
ure 3.2C): Pressure drop over the valve
above and below which valve opening
and closing are initiated, respectively.
This pressure drop is assumed to be
close to zero (Mynard et al., 2012).
[−10, 10]
qbl 0.45 mL/s Baseline flow: The flow is defined to rep-
resent the flow in the tibial vein with an
uncertainty of 10% (Saltin et al., 1998).
[0.405, 0.495]
Kp 425 Pa Venous bending stiffness: The bending
stiffness is defined to represent the me-
chanical characteristics of the tibial vein
with an uncertainty of 20% (Mu¨ller and
Toro, 2014).
[340, 510]
rvein,0 1.50 mm Radius of the 1D vein: The radius is de-
fined as the radius of the tibial vein with
an uncertainty of 20% (Mu¨ller and Toro,
2014).
[1.20, 1.80]
τRC 2.0 s Time constant defining the decay of
the pressure wave in diastole: Most of
the compliance is included in the WK-
element (Westerhof and Elzinga, 1991).
Uncertainty is set to 20%.
[1.6, 2.4]
1D Venous pulse wave propagation
The hemodynamics in the large veins are captured using the one-dimensional equa-
tions for mass and momentum balance. In this formulation, blood is assumed to be
an incompressible, Newtonian fluid. This gives:
C
∂ptr
∂t
+
∂q
∂z
= 0, (3.1)
∂q
∂t
+
∂Av2z
∂z
+
A
ρ
∂p
∂z
=
2πa
ρ
τw +Agz, (3.2)
where C, compliance per unit length, is a function of transmural pressure ptr = p −
pex, where p and pex are the intra- and extravascular pressure respectively, q is flow,
t is time and z is the axial coordinate. Furthermore, A is the cross-sectional area, vz
is the mean velocity in the axial direction, ρ is the blood density, a =
√
A/π is the
equivalent radius for equal area, τw is the wall shear stress and gz = g eg · ez is the
contribution of gravitational acceleration in the axial direction. Additionally, g is the
gravitational acceleration on earth, eg is the unit vector in the direction of gravity
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Figure 3.1: Model configuration consisting of a 0D venous valve, 1D venous pulse wave prop-
agation elements, a 0D micro-circulation and a 0D outlet boundary condition (BC). Further-
more, the gravity vector eg is shown together with the rotation angle in both supine and tilted
position. The 1D vein is split into a distal (ldist = 10 cm ) and a proximal (lprox = 20 cm ) part
by a 0D valve (zero length). pven indicates the location of distal venous pressure as reported in
the Results Section in Figure 3.3E.
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and ez is the unit vector in the axial direction along the vessel.
To obtain an estimate of the wall shear stress τw and the advection term
∂Av2z
∂z the
approximate velocity profile of Bessems et al. (2007) is used. The pressure gradient
and gravitational forces are assumed to be in balance with viscous forces in the un-
steady boundary layer (Stokes layer) close to the vessel wall, whereas inertia forces
are assumed to dominate in the central core (for a detailed description see Bessems
et al. (2007)).
To describe venous collapse under low transmural pressure, due to e.g. increas-
ing extravascular pressure or gravitational stress, the non-linear constitutive law of
Shapiro (1977) is approximated with a fit as derived in Chapter 2.2.3 (Figure 2.3).
The venous compliance per unit length C is calculated as the derivative of the cross-
sectional area to the transmural pressure.
0D Venous valve
The pressure-flow relation of a dynamic venous valve is included through a fully
lumped model (i.e. the valve element has no length and spatial parameters are only
included for dimensionality) as described by Mynard et al. (2012). Additionally, the
viscous losses are included in the pressure flow relation
∆p = Rq +Bq|q|+ L
∂q
∂t
, (3.3)
whereRq represent the viscous losses,Bq|q| the losses related to the convective accel-
eration and dynamic pressure, and L∂q∂t the unsteady inertia losses. The associated
Poisseuille resistance R, Bernouilli resistance B and inertia L are defined by:
R =
8πηleff
A2eff
, B =
ρ
2A2eff
and L =
ρleff
Aeff
, (3.4)
where Aeff is the effective cross-sectional area, ρ is the blood density and leff =
βlrvein,0 is the effective valve length expressed as a multiple βl of the reference ra-
dius of the connecting vein rvein,0. To represent different states of the valve opening
the effective cross-sectional area is defined as a function of valve state ζ via the fol-
lowing relation
Aeff = (Aeff,max −Aeff,min) ζ +Aeff,min, (3.5)
where Aeff,min and Aeff,max are the minimal and maximal valve effective cross-sectio-
nal area respectively (Aeff,max >> Aeff,min). Aeff,max = βAAvein,0 is expressed as a mul-
tiple βA of the reference cross-sectional area of the connecting vein Avein,0. To model
a dynamic valve, the valve state is defined to vary between zero and one (closed:
ζ = 0, open: ζ = 1). The value of ζ is determined by the differential equations for
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valve opening and closing respectively
dζ
dt
=
{
(1− ζ)Kvo (∆p− dpvalve,0) , for∆p > dpvalve,0
ζKvc (∆p− dpvalve,0) , for∆p < dpvalve,0
, (3.6)
where Kvo and Kvc are parameters determining the opening and closing speed of
the valves. Furthermore, dpvalve,0 is the pressure gradient above and below which
opening and closing is initiated respectively.
Boundary conditions
Both the inlet and outlet of the modeled vein are connected to a three-element wind-
kessel model, representing the micro-circulation at the inlet and included to reduce
reflections at the outlet (Figure 3.1). Each windkessel model consists of two resis-
tances Rwk,i (i = 1, 2, 3, 4) in series and one volume compliance Cwk,j (j = 1, 2)
connected to a constant extravascular pressure p0
∆pR = Rwk,iq and
∂ptr
∂t
=
1
Cwk
q. (3.7)
For the windkessel element at the inlet the second resistance is defined to match the
characteristic impedance Zvein of the connecting 1D vein
Rwk,1 = Zvein =
√
ρ
Avein,0Cvein,0
. (3.8)
The first resistance is related to the total windkessel resistance Rwk,tot, which is set to
match the baseline flow qbl
Rwk,tot = Rwk,1 +Rwk,2 =
∆p
qbl
, (3.9)
where∆p is the gradient between inlet pressure pwk,in and the distal venous pressure
under supine baseline conditions. The latter is derived as the outlet pressure pout
plus the baseline flow qbl times the resistance of the 1D vein and outlet windkessel
element. Next, the compliance is derived from a time constant τRC
Cwk,1 =
τRC
Rwk,2
. (3.10)
For the windkessel element at the outlet, both resistances are defined to be equal to
the characteristic impedance Zvein of the connecting vein
Rwk,3 = Rwk,4 = Zvein =
√
ρ
Avein,0Cvein,0
. (3.11)
The outlet compliance Cwk,2 is derived from the time constant τRC using Equation
3.10.
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In the current model pressure is prescribed as a boundary condition and flow is only
indirectly prescribed by defining the resistance of the micro-circulation. The outlet
pressure pout is defined to have a constant value and the inlet pressure is defined as
pin a constant value plus the hydrostatic column of the 1D part.
pin = pwk,in + ρgh sinαrot and pout = pwk,out, (3.12)
where pwk,in is the average arterial pressure, h is the total length of the 1D vein, αrot
is the rotation angle determining the posture and pwk,out is a constant pressure at the
outlet.
Numerical implementation
The equations detailed above were implemented in the finite element package SE-
PRAN (Ingenieursbureau SEPRA, Leidschendam, the Netherlands) based on the
computational method described by Kroon et al. (2012). Spatial discretization was
implemented using the trapezium rule with element size dz = 10 mm. Time dis-
cretization was performed using the second-order backward difference scheme with
timestep dt = 10 ms. Both dz and dt were chosen such that the numerical solution
was independent of the selected values and still computationally efficient. Further
pre- and postprocessing was done usingMATLABR2012b (MathWorks, Natick, MA,
USA).
3.2.2 Head up tilt simulation
A head up tilt was simulated to study the opening and closing of the valve under
gravitational stress. To simulate a smooth head up tilt from supine (αrot = 0) to
upright (αrot =
pi
2 ) the tilt angle αrot was defined with the following relation (Figure
3.3A):
αrot =


0, if t < t0
pi
4 (1− cos(π(t− t0)/τrot)) , if t0 < t < t0 + τrot
pi
2 , if t > t0 + τrot.
(3.13)
where t0 is the time at which the tilt starts and τrot is the time over which the tilt
is applied. The latter is set to 2.5 s to correspond with in vivo experiments (Jellema
et al., 1999).
3.2.3 Sensitivity analysis
To determine the importance of the model parameters, first the output variance re-
sulting from the input uncertainty was quantified. Using a sensitivity analysis, the
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Figure 3.2: Sensitivity analysis: A Schematic visualisation of the distribution of the output
variance over the input parameters: x1, x2 and x3. Si = main index, Sij = second order
effect, Sijk = third order effect. B Output parameters of interest schematically visualized in a
plot of the valve state ζ over time. C Parameters related to the input parameters used in the
sensitivity analysis, visualized in a segment of a vein including a valve.
total variance of each output was then allocated to the individual parameters and
their interactions, as schematically visualized in Figure 3.2A. The influence of an
individual parameter is captured by the main sensitivity index Si, and can be in-
terpreted as the reduction in output variance if this input parameter would have
been set to its true value. Higher order effects (Sij , Sijk , ...) include the contribution
between interactions of two or more input parameters (Eck et al., 2016).
Output of interest
The following parameters, which describe valve dynamics, are defined as output of
interest (Figure 3.2B):
• ζbl, baseline valve state (not necessarily equal to 1.0).
• tc, time point valve closure starts: the first time point after tilt when the valve
state decreases below 0.95ζbl.
• dtc, valve closing time: the time taken to go from 0.95 to 0.05ζbl.
• dtfc, valve fully closed time: the interval between the time the valve state first
decreases below 0.05ζbl until it increases above 0.05ζbl.
• dto, valve opening time: the time taken to go from 0.05 to 0.95ζbl.
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General polynomial chaos expansion
To derive the total variance and the sensitivity indices in a computationally efficient
manner, the generalized polynomial chaos expansion (gPCE-R) method is used (Hu-
berts et al., 2014). This includes the derivation of a meta-model consisting of orthog-
onal polynomials with output-specific coefficients, which are obtained by a least-
squares regression (-R). The sensitivity indices can be derived from the meta-model
analytically. To obtain a good regression for the chosen meta-model, the model
must be evaluated a sufficient number of times. In this study, the meta-model con-
sists of orthogonal polynomials up to the fourth order and 2730 model evaluations
(CPU ≈ 15 h) are used for regression.
Input parameters
The sensitivity of the model with regard to the valve dynamics is examined under
variation of the 11 input parameters related to venous valve dynamics and venous
refilling. These parameters are listed in Table 3.1, which provides the baseline value
and the range used for the sensitivity analysis.
3.3 Results
3.3.1 Venous valve dynamics
The valve dynamics and venous hemodynamics were examined while simulating a
head up tilt (Figure 3.3A) in a 1D venous model with a single 0D valve. With all
input parameters fixed at their baseline value, the resulting valve state ζ, valve pres-
sure drop ∆pvalve, valve flow qvalve, venous pressure and total volume are shown in
Figure 3.3B, C, D, E and F respectively. Shortly after tilt is initiated, the valve flow
decreases (Figure 3.3D) and the valve closes (Figure 3.3B). This is followed by a de-
crease in pressure difference across the valve (Figure 3.3C). The venous pressure and
total volume increase linearly (V FI = ∆V∆t
∣∣
90% refilling
= 0.5 mL/s Figure 3.3E and F
respectively) until the pressure drop over the valve approaches zero, the valve starts
to open and the flow increases again at t ≈ 15.7 s (Figure 3.3C, B and D respectively).
3.3.2 Convergence analysis
To assess the quality of the metamodel the descriptive error ǫR2 , a measure for the
residual variance as a fraction of total variance and based on the coefficient of de-
termination R2, and the predictive error ǫQ2 , a measure for the predicted residual
variance as a fraction of total variance and based on the validation coefficient Q2,
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Figure 3.3: Valve dynamics and hemodynamics under head up tilt for baseline input parame-
ters (Table 3.1 - Input parameters). In plotA the time course of the tilt is shown. The beginning
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Figure 3.4: The quality of the metamodel for each output parameter. The descriptive error
ǫR2 (o) and the predictive error ǫQ2 (△) are plotted for increasing number of simulations. The
colors represent the different output parameters: tc, dtc, dtfc, dto and ζbl.
were calculated for an increasing number of simulations (Donders et al., 2015) (o
and△ in Figure 3.4 respectively). The different output parameters are depicted with
different colors. Both the descriptive and predictive errors remain stable for increas-
ing number of simulations.
3.3.3 Sensitivity analysis
The contribution of the valve and refilling related input parameters to the variance
in valve timings was assessed using a sensitivity analysis. The resulting main (Si)
and interaction (Sij , Sijk , Sijkl) sensitivity indices are presented in pie charts in Fig-
ure 3.5. The input parameters which, individually or while interacting with other
parameters, contribute more than 1% to the output variance are presented with their
corresponding color, whereas the sum of the remaining sensitivity indices is shown
as the gray area. The values of the sensitivity indices presented in Figure 3.5 are
summarized in Table 3.2. For tc, dtc, dto and to a lesser extent ζbl the pressure drop
for valve opening and closing dpvalve,0 is the input parameter which contributes the
most to the output variance (in Figure 3.5A,B,D and E respectively). The venous ra-
dius rvein,0 is the most important parameter for the variance of dtfc (Figure 3.5C). The
interaction of various parameters contributes to the variance of tc, dtc, dto and espe-
cially ζbl (Figure 3.5B). The interactions of dpvalve,0 with βA and/or rvein,0 are shown
to be important for ζbl (Figure 3.5E).
The average values of the output parameters plus their standard deviations are
shown in Figure 3.6 depicting the absolute and relative values in plot A and B, re-
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Table 3.2: Contribution of the input parameters to the variance in the output parameters: tc,
dtc, dtfc, dto and ζbl. Only the sensitivity indices that contribute more than one percent are
reported in the table. Coloring corresponds to the coloring used for the pie-charts in Figure
3.5
tc dtc dtfc dto ζbl
dpvalve,0() 0.683 0.601 < 0.01 0.572 0.237
rvein,0() 0.194 0.012 0.874 0.058 0.060
βA() < 0.01 0.154 < 0.01 0.084 0.072
τRC() < 0.01 < 0.01 0.063 < 0.01 < 0.01
βl() < 0.01 0.020 < 0.01 0.013 0.0011
Kvc() < 0.01 0.018 < 0.01 < 0.01 < 0.01
qbl() < 0.01 < 0.01 0.044 < 0.01 < 0.01
dpvalve,0, rvein,0() < 0.01 0.015 < 0.01 0.051 0.150
dpvalve,0 , βA () 0.063 0.039 < 0.01 0.082 0.183
dpvalve,0 , βl () < 0.01 < 0.01 < 0.01 0.012 0.023
rvein,0 , βA () < 0.01 0.015 < 0.01 < 0.01 0.035
rvein,0 , τRC () < 0.01 < 0.01 0.011 < 0.01 < 0.01
dpvalve,0 , rvein,0 , βA () < 0.01 0.015 < 0.01 0.012 0.075
rest () 0.060 0.112 0.008 0.118 0.154
spectively. Here, the relative value is calculated using: yrel =
yi−ymean
ymean
. A large
standard deviation is found for dtfc and dto. Although the absolute standard devia-
tion is small, the relative standard deviation is large for tc and dtc.
The relation between the input parameters with the highest main sensitivity index
(dpvalve,0 and rvein,0) and the output parameters is presented in Figure 3.7. The output
and input parameters are shown by row and column respectively. Furthermore, the
gray scale is related to the magnitude of the main sensitivity index Si (see colorbar).
The time of closing tc decreases with an increasing pressure drop for valve opening
and closing dpvalve,0 (Figure 3.7A), whereas the time needed for the valve to open and
close increases with dpvalve,0 (Figure 3.7C,G). The rvein,0 parameter shows a strong
linear relation with dtfc (99% of Si is attributed to the first order polynomial) (Figure
3.7F). The remaining plots (Figure 3.7B, D, E, H, I and J) show a lower correlation
and have a lower sensitivity index.
3.4 Discussion
In this study the venous valve dynamics in a healthy subject under head up tilt was
investigated using a mathematical model of a single vein geometry including a sin-
gle versatile valve. To assess the influence of the various filling and valve input
parameters on valve dynamics, a sensitivity analysis was performed.
A head up tilt was simulated by rotating a single vein relative to the gravity vector
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(using baseline parameters). Shortly after tilt initiates, a decrease in valve flow was
observed and even some backflow for 0.4 s. This corresponds to the non-pathological
range (dtreflux < 0.5 s) according to the definition of venous reflux in the deep calf
veins by Labropoulos et al. (2003). Once tilting was initiated the vein and micro-
circulation started to fill to approach the hydrostatic pressure. The observed linear-
plateau pressure and volume pattern is in accordance with in vivo measurements
after muscle contractions (Nicolaides and Zukowski, 1986), where the veins are also
refilled. As only a small part of the vasculature is included the hydrostatic pressure
is smaller than the 12 kPa measured in vivo, but does match the physically expected
ρgh = 3.1 kPa. This small increase in venous pressure (from 1.3 to 4.4 kPa) induces
only a small increase in 1D volume (1.3% of total) (see Figure 2.3). Venous filling
index (VFI), a measure of venous filling speed, is equal to 0.5 mL/s, which is in the
region of VFI for healthy subjects (V FI < 2.0mL/s) (Eberhardt and Raffetto, 2005).
In short, this implies that the observed pressure and volume pattern and derived
global hemodynamics parameters are in accordance with the literature.
The sensitivity analysis showed that dpvalve,0, rvein,0 and βA are the most influen-
tial parameters with more than 80% of the variance of all output parameters arising
from the sum of the individual and interactive contributions of these three param-
eters, i.e. Si + Sij + Sijk . The valve opening pressure dpvalve,0 is closely related to
the opening and closing of the valve and therefore the observed importance of this
parameter on output parameters related to valve state (tc, dtc, dto and ζbl) is also ex-
pected. The venous reference radius rvein,0 is related to venous filling volume and is
consequently the most important parameter for the output describing venous filling
time dtfc. Finally, βA is related to the valve resistance in the open state and is there-
fore important for the valve dynamic output parameters (dtc, dto and ζbl). All other
parameters only have a minor contribution to the output variance and can therefore
be fixed within their uncertainty range. In order to use the model for clinical deci-
sion making, the output variance should be decreased. For this, ultrasound could
be used to assess βA (Lurie et al., 2003) and rvein,0 (Moneta et al., 1988) and further
research using fluid-structure interaction simulations could decrease the uncertainty
range of dpvalve,0 (Narracott et al., 2015). Improved assessment of rvein,0 and dpvalve,0
would be most rewarding as the standard deviation of dtfc and dto respectively is the
largest. When the output parameters are considered in the context of chronic venous
disease estimates of rvein,0 should be improved as dtfc provides a metric of venous
filling time, which is related to venous function.
The sensitivity indices were derived using the generalized polynomial chaos expan-
sion method. The quality of the metamodel was assessed by the descriptive and pre-
dictive error (Donders et al., 2015). While deriving the metamodel for an increasing
number of simulations, a slight increase in the descriptive error of the model (ǫR2),
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and an increase in predictive power (decrease in ǫQ2) was found. The convergence
analysis demonstrated that only 5% of the output variance could not be captured by
the metamodel (ǫR2 in Figure 3.4). Thereby, showing that the gPCE methods pro-
vides significant accuracy for this application.
The current paper describes the feasibility of applying the versatile valve model and
the venous 1D pulse wave propagation model in supporting diagnosis of chronic ve-
nous disease. Further development should allow for modeling of pathological valve
regurgitation, which Mynard et al. (2012) suggested to implement by an increase in
minimal cross-sectional area Amin resulting in a valve model that remains partially
open. Valve prolapse could be included by defining a negative valve state, as sug-
gested by Pant et al. (2015). Furthermore, as chronic venous disease affects the global
function of the venous calf circulation, the full venous calf geometry should be in-
corporated to include interactions between the many valves and the complex venous
anatomy, which is possible using the 1D pulse wave propagation model as proposed
in Chapter 2. Additionally, as venous refilling is achieved when the full hydrostatic
pressure is established, the proximal veins returning to the heart should also be in-
cluded. A full circulation model would also allow examination of the influence of
venous pulsatility, originating from the thorax and abdomen, on the venous valves.
Finally, the model should be validated with fluid-structure interaction simulations
or in vivomeasured hemodynamics parameters such as the venous filling index after
tilt or ejection fraction after muscle contraction (Criado et al., 1998; Eberhardt and
Raffetto, 2005).
3.5 Conclusion
A venous 1D pulse wave propagation model including a versatile valve model is
presented and a sensitivity analysis has been performed on the model while cap-
turing venous valve dynamics in a healthy subject under head up tilt. It has been
shown that venous radius rvein,0 and valve opening/closing pressure dpvalve,0 are the
dominant parameters, which determine the variance in valve dynamics. Decreas-
ing the uncertainty in these parameters to improve the model output accuracy could
be achieved by improving clinical assessment via ultrasound or informed by more
detailed mathematical models using fluid structure interaction. This would sup-
port eventual implementation of the model in clinical practice to aid clinical decision
making.
Chapter 4
Regulation of vascular tone
A manuscript based on this chapter is being prepared.
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ABSTRACT
At the onset of exercise blood flow to the muscle tissue increases to match to the
oxygen demand. The increase in blood flow is regulated by the changes in perfusion
pressure and peripheral resistance, due to the muscle pump effect and regulation
of vascular tone respectively. However, the importance and individual functioning
of both mechanisms remains unclear. Whereas, in a previous study we investigated
the muscle pump effect in detail, the aim of this study is to examine the regulation of
vascular tone and determine the importance of the myogenic, metabolic and barore-
flex regulation during the different phases of muscle contraction. Therefore, our
mathematical model of the calf circulation was extended with a regulation model to
simulate changes in vascular tone depending on myogenic, metabolic and barore-
flex regulation. After successfully fitting the myogenic and metabolic gain to match
the in vivo flow response in the supine position, a good prediction of the flow in the
tilted position was found. Firstly, it could be concluded that the metabolic activation
caused the flow increase shortly after muscle contraction. Secondly, the change in
baseline flow was a result of myogenic and baroreflex activation. Using a two-step
sensitivity analysis (Morris screening plus a subsequent polynomial chaos expan-
sion), the myogenic gain was identified as most important parameter for the vari-
ance in the flow increase after muscle contraction. Finally, the four most important
parameters, identified by the sensitivity analysis, were varied randomly. This still
resulted in a good fit of the in vivo response.
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4.1 Introduction
At the onset of exercise, the blood flow within muscle in the lower limb increases
significantly to meet the metabolic demand for oxygen and remove waste products.
The amount of muscle blood flow depends on the arterio-venous pressure drop and
the peripheral resistance. In the lower limb in particular, the arterio-venous pressure
drop and the peripheral resistance are influenced by mechanical effects during a
muscle contraction and relaxation (the muscle pump effect) and the vasodilatory
state of the arterioles respectively. However, the exact contribution of these two
mechanisms to the blood flow increment at the onset of exercise is still a matter of
debate (Tschakovsky and Sheriff, 2004). Three hypotheses are currently described in
literature: the first states that flow augmentation is primarily caused by the muscle
pump effect, the second claims that regulation of peripheral resistance is the major
determinant. The third hypothesis considers both mechanisms to be important.
As a result of calf muscle activation, the muscle pump effect increases venous return
by collapsing the deep veins embedded within the muscle. Furthermore, backflow
towards the arterial system and into the superficial venous system is prevented by
closure of the distal and perforating venous valves respectively (Figure 2.1A) (Row-
ell, 1993). Arterial inflow rises during subsequent muscle relaxation as the perfusion
pressure is increased due to the pressure shielding of the closed proximal valve (Fig-
ure 2.1B) (Rowell, 1993). Furthermore, the opening of the distal and perforating
valves (Meissner, 2005) allows venous refilling from both the arterial and superficial
venous system. In summary, the muscle pump effect increases blood flow through
an increase in arterio-venous pressure drop.
In a previous study (Chapter 2), we examined the role of venous valves, hydrostatic
pressure and the superficial veins during the muscle pump using a mathematical
model. Although the model was able to simulate the increased venous return during
muscle contraction and the elevated arterial flow during muscle relaxation, the pre-
dicted flow augmentation was low compared to the increase in arterial flow increase
measured during in vivo calf muscle contractions (Na˚dland et al., 2009). Based on the
debate in literature (Na˚dland et al., 2009; Tschakovsky et al., 1996), it was proposed
that vasodilation could be the missing component in the model. Furthermore, the
simulated arterial baseline flow in the tilted position was equal to the baseline flow
in the supine position, which was in strong contrast with the 50% decay observed
in vivo (Na˚dland et al., 2009). These postural changes can be attributed to changes
in peripheral resistance due to myogenic vasoconstriction and a global increase in
peripheral resistance (Na˚dland et al., 2009). Therefore, in this study our previous
model is extended to include regulation of vascular tone.
Regulation of vascular tone in skeletal muscle tissue is not based on a single mech-
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anism, but involves the interaction between the local myogenic, local metabolic and
global baroreflex regulation (Joyner and Casey, 2015). Myogenic regulation protects
the capillaries against high pressures by vasoconstriction as transmural pressure in-
creases (Boron and Boulpaep, 2003). The metabolic mechanism induces vasodilation
when the amount of metabolites accumulates, thereby regulating the oxygen deliv-
ery and removal of waste products (Boron and Boulpaep, 2003; Joyner and Casey,
2015). Finally, the baroreflex initiates vasoconstriction when central pressure de-
tected by the baroreceptors in the aortic arch and the carotid artery decreases. In ad-
dition, the baroreflex affects heart rate, cardiac contractility and venous unstressed
volume (Boron and Boulpaep, 2003; Rowell, 1993). A combined regulation model in-
cluding all three components is thus required to describe the resulting vascular tone.
As all three mechanisms respond to different parameters and with different time
delays, this suggests each should be modelled as a separate component. The defi-
nition of specific parameters for each mechanism, allows us to examine the relative
activation of the three mechanisms during muscle contraction and relaxation.
Previous numerical studies of regulation of vascular tone have focussed on cerebral
auto-regulation or the baroreflex. Ursino (1988) developed amodel for cerebral auto-
regulation including a neurogenic and endothelial response in addition to the myo-
genic and metabolic mechanism. This model was used to investigate the relation
between cerebral blood volume and intracranial pressure changes (Ursino and Gi-
ammarco, 1991) and applied to examine cerebral regulation under squat exercise and
visual stimulation (Spronck et al., 2012). Models of the baroreflex have been applied
to study various physiological responses, e.g. the interaction between the barore-
flex and a pulsating heart model (Ursino, 1998), heart rate variability (Ursino and
Magosso, 2003), fetal welfare during labor (van der Hout-van der Jagt et al., 2013)
and heart rate regulation under orthostatic stress (Olufsen et al., 2006). However, to
our knowledge, no model exists that combines myogenic, metabolic and baroreflex
regulation to simulate the vascular tone response to a skeletal muscle contraction.
The aim of this study was to determine the importance of the myogenic, metabolic
and baroreflex regulation during the different phases of muscle contraction. There-
fore, the 1D arterio-venous model as described in Chapter 2 was extended with
a regulation model for the vascular tone, which includes both the myogenic and
metabolic effects described by Spronck et al. (2012), combined with the baroreflex
model of Ursino (1998) to include all threemechanisms. In an initial explorative anal-
ysis, the intuitively most important model parameters representing the gain of the
myogenic and metabolic mechanism were fitted to match the measured in vivo flow
response to a muscle contraction in the supine position. Secondly, the same parame-
ters were used to predict the response to a muscle contraction in the tilted position.
Finally, a sensitivity analysis was performed to quantify which parameters are most
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Figure 4.1: Schematic overview of the methods as described in this study including: circu-
latory and regulation model, simulation of a muscle contraction, physiological data, and the
four analyses performed. For each part the main points are given together with the corre-
sponding figures.
important for the variance in the flow response. For the sensitivity analysis the two
step approach as described by Donders et al. (2015)was used. This approach consists
of an initial Morris screening and a subsequent generalized polynomial chaos expan-
sion (gPCE). We conclude with an analysis varying the most important parameters,
identified by the sensitivity analysis, to fit the in vivo response.
4.2 Methods
In this section the methods are described and a schematic overview can be observed
in Figure 4.1.
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4.2.1 Model
To study the hemodynamic and local regulatory response to muscle contraction in
the lower limb a simplified model of the calf circulation was constructed (Figure
4.2). The model includes an artery, supplying the muscle tissue with oxygen, a deep
vein, embedded in the muscle tissue, and a superficial vein, between the skin and
the muscle. To model regulation of vascular tone the mean response of the arterioles
is included into a single model variable which represents the regulatory state. This
state is based on the myogenic, metabolic and baroreflex regulation (Figure 4.2B).
Changes in peripheral resistance are induced by relating the resistance to the regu-
lation state. The following section describes the physiological background and gov-
erning equations of the various model components.
1D Pulse wave propagation: arteries and veins
The hemodynamics in the large arteries and veins is captured using the 1D equa-
tions for mass and momentum balance, with blood assumed to be an incompressible
Newtonian fluid. The resulting equations read:
C
∂ptr
∂t
+
∂q
∂z
= 0, (4.1)
∂q
∂t
+
∂Av2z
∂z
+
A
ρ
∂p
∂z
=
2πa
ρ
τw +Agz, (4.2)
where C is the compliance per unit length, ptr = p − pex is the transmural pressure,
p and pex are the intra- and extravascular pressure respectively, q is the flow, t is
the time and z is the axial coordinate. Furthermore, A is the cross-sectional area, vz
is the velocity in axial direction averaged over the cross-sectional area, ρ is blood
fluid density, a =
√
A/π is the radius and τw is the wall shear stress. Additionally,
gz = g eg ·ez is the contribution of the gravitational acceleration in the axial direction,
g is the magnitude of the gravitational acceleration on earth, eg is the unit vector in
the direction of gravity and ez is the unit vector in axial direction.
To obtain an estimation of the wall shear stress τw and the advection term
∂Av2z
∂z the
approximate velocity profile is used (see Bessems et al. (2007) for more details). Here,
the pressure gradient and the gravitational forces are assumed to be in balance with
viscous forces in the boundary layer close to the vessel wall. In the central core
inertia forces are assumed to be in balance with the pressure gradient and the gravi-
tational forces. Finally, a constitutive law relating cross-sectional area and pressure,
is defined for both arteries and veins.
As the arterial cross-sectional area variations during the cardiac cycle are small under
normal conditions, the mechanical characteristics of the arterial wall are modeled
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with the following linear A, p relation
A = Aref,A + C(ptr − pref,A), (4.3)
whereAref,A is the reference cross-sectional area at reference pressure pref,A and C the
linearized compliance per unit length at reference pressure pref,A. The compliance is
determined using thin-walled-cylinder theory for a linear isotropic elastic material:
C =
∂A
∂ptr
∣∣∣∣∣ptr=pref,A = 2π(1− ν
2)r3ref,A
hE
, (4.4)
where ν is the Poisson’s ratio, rref,A =
√
Aref,A/π is the reference radius, h ≈ rref,A/10
is the vessel wall-thickness (Westerhof et al., 1969) and E is the Young’s modulus.
Because veins are prone to collapse under low transmural pressures due to e.g. in-
creasing extravascular pressure during muscle contraction or gravitational stress,
a nonlinear pressure area relationship needs to be considered. Therefore, Shapiro
(1977) derived a tube law capturing the venous collapse with an p,A-relation. In or-
der to solve the full system of equations for pressure a fit of the tube law is used as
derived in Chapter 2.
A = Aref,V
{
h(p∗)f+(p∗) + (1− h(p∗))f−(p∗)
)
}, (4.5)
where Aref,V is the reference cross-sectional area at zero transmural pressure, p
∗ =
ptr/Kp is the dimensionless pressure and Kp is the bending stiffness. The functions
f+ and f− are fits of the positive and negative pressure part of the original tube law
of Shapiro and h(p∗) is a scaling function.
f+(p∗) =
A+0
π
(
tan−1
(
p∗ − p+a
p+b
)
+
π
2
)
, (4.6)
f−(p∗) = B +
A−0
π
(
tan−1
(
p∗ − p−a
p−b
)
+
π
2
)
, (4.7)
and h(p∗) =
1
π
(
tan−1
(
γp∗
π
)
+
π
2
)
, (4.8)
whereB, A−0 , p
−
a , p
−
b , A
+
0 , p
+
a , p
+
b and γ are fitting constants determining the shape of
the A,p-relation. Venous compliance is calculated as the derivative of cross-sectional
area with respect to the transmural pressure.
0D Venous valves
The pressure-flow relation of a venous valve is included using the versatile valve
model of Mynard et al. (2012). As the flow through venous valves is much lower
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Table 4.1: Geometrical parameters of the various 1D vessels Mu¨ller and Toro (2014) as de-
picted in Figure 4.2. The four perforating veins consist of a deep (PV#-D) and a superficial
(PV#-S) vein of which the parameters are noted separately.
Vessel Numbering (Figure 4.2) Radius [mm] Length [cm]
artery AR1 2.5 34
deep vein DV1 1.5 2
DV2 1.5 26
DV3 1.5 2
superficial vein SV1 3.5 2
SV2 1.5 2
SV3 1.5 26
SV4 1.5 2
SV5 3.5 2
perforating vein PV#-S 0.5 1.5
PV#-D 0.5 1.5
compared to heart valves, the linear viscous forces are included, as in Chapter 3.
∆p = Rq +Bq|q|+ L
∂q
∂t
, (4.9)
where the Poiseuille resistance R, Bernouilli resistance B and the inertance L are
defined by
R =
8πηleff
A2eff
, B =
ρ
2A2eff
and L =
ρleff
Aeff
, (4.10)
where Aeff is the effective cross-sectional area, η is the dynamic blood viscosity, and
leff = βl · rref,V is the effective valve length defined as a multiple βl of the venous ref-
erence radius rref,V =
√
Aref,V/π (Chapter 3). To include valve opening and closing,
the effective cross-sectional area is defined to be a function of valve state ζ via the
following relation
Aeff = (Aeff,max −Aeff,min) ζ +Aeff,min, (4.11)
whereAeff,min andAeff,max are the minimal and maximal effective cross-sectional area
respectively. Here, maximal effective cross-sectional area Aeff,max = βA · Aref,V is
defined as a multiple βA of the reference cross-sectional areaAref,V of the connecting
vein. The valve state is defined to vary between zero and one (fully closed: ζ = 0,
fully open: ζ = 1). Its value is related via two differential equations for valve opening
and closing respectively:
dζ
dt
=
{
(1− ζ)Kvo (∆p− dpvalve,0) , if∆p > dpvalve,0
ζKvc (∆p− dpvalve,0) , if∆p < dpvalve,0
, (4.12)
whereKvo andKvc are coefficients determining the opening and closing speed of the
valve. Furthermore, dpvalve,0 is the pressure drop above and below which opening
and closing is initiated.
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0D micro-circulation
To account for the pressure drop over the micro-circulation (in the current study de-
fined to include the arterioles, capillaries and venules) and its storage capacity, the
micro-circulation model consists of both resistances and compliances. The micro-
circulation is split into an arteriolar and venular part, both consisting of two resis-
tances Ri (i = a, v) in series and a compliance Ci (i = a, v) connected to the extravas-
cular pressure, for which the following relations hold (Figure 5.1A).
∆p = Riq and
∂ptr
∂t
=
1
Ci
q. (4.13)
Under baseline conditions the total resistance of the two parts is determined by the
pressure drop over the micro-circulation ∆pbl and the time-avaraged baseline flow
qbl according to
Rtot =
∆pbl
qbl
= Ra +Rv, (4.14)
whereRv is chosen such that the pressure drop over the venules is 400 Pa (Boron and
Boulpaep, 2003). Furthermore the baseline total compliance Ctot is derived from a
typical time-constant τRC as in a classical single windkessel micro-circulation (Chap-
ter 2). The compliance of the venules is assumed to be much larger than arteriolar
compliance (Boron and Boulpaep, 2003). Therefore, the compliances are distributed
as follows
Ca = 0.3 · Ctot and Cv = 0.7 · Ctot. (4.15)
The above equations for resistance and compliance relate to the baseline conditions.
However, for the arteriolar part of the micro-circulation the resistance and compli-
ance are regulated by vascular tone as described in the following subsection.
Regulation of vascular tone
Regulation of the vascular tone in muscular tissue is based on the following mecha-
nisms:
• Myogenic regulation: protecting the capillaries against excessive pressures
• Metabolic regulation: matching the blood flow to the oxygen demand
• Baroreflex regulation: aiming to maintain the level of systemic pressure
The regulation model is based on the implementation of cerebral auto-regulation as
described by Spronck et al. (2012). In this study, each regulation mechanisms is in-
cluded individually and represented by a regulatory state. The total regulatory state
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is translated to arteriolar wall tension and is subsequently converted to arteriolar
radius using Laplace’s law. Finally, the arteriolar radius is used to determine the
change in peripheral resistance. The myogenic regulation mechanism is included as
described by Spronck et al. (2012), but the metabolic mechanism adjusted to induce
metabolic activation upon muscle contraction instead of cerebral activity. Further-
more, tissue specific parameters are updated to match muscle tissue. Finally, barore-
flex regulation is added to the model based on the study of Ursino (1998). For com-
pleteness, the equations describing the activation of the three regulationmechanisms
and how they affect a change in resistance and compliance are given in Appendix B.
Boundary conditions
Both the inlet of the 1D arterial and the outlet of the 1D venous part are connected
to a three element windkessel model representing the proximal vasculature. Each
windkessel element consists of two resistances in series and a compliance connected
to the extravascular pressure p0 (Equation (4.13)). The total windkessel resistance
is the sum of the Poiseuille resistances of the proximal vasculature, based on the
geometrical parameters of the arterial and venous tree published byMu¨ller and Toro
(2014). Similarly, the inlet and outlet compliance is the sum of the compliances of the
proximal vasculature based on Equation (4.4) and the derivative of Equation (4.5)
times the length respectively. At the inlet and outlet the pressure is set to a time-
averaged pinlet and poutlet respectively. When a head up tilt position is simulated the
hydrostatic column up to the heart is added to both the inlet and outlet pressure.
The model formulation described above is completed for the current application by
defining the form of the muscle contraction.
Simulating muscle contraction
The effect of a muscle contraction is included in the current model both in a mechan-
ical and a metabolic manner. The mechanical effect on the deep veins is expected to
be large due to their location, embedded in the muscle tissue, and the low intravas-
cular pressure. Similar to Chapter 2, a muscle contraction is simulated by an increase
in extravascular pressure included in the equation for mass balance and the venous
constitutive law (Equation (4.1) and (4.5) respectively). The extravascular pressure
is defined by the following relation
pex = pex,max · k(t) ·m(z), (4.16)
where pex,max is the maximal extravascular pressure, and k(t) and m(z) are the tem-
poral and spatial course of extravascular pressure, respectively. The latter can be
observed in Figure 2.4, and the full equations are give in Appendix A. The influence
of the muscle contraction on the superficial veins is assumed to be negligible due to
74 Chapter 4 | Regulation of vascular tone
their location outside the muscle tissue. Furthermore, due to the high arterial pres-
sure the influence of the muscle contraction on the arterial cross-sectional area is also
assumed to be negligible. Finally, the mechanical influence on the micro-circulation
is also assumed to be negligible due to its viscous character (in Equation (4.13) and
(B.1)) (Gray et al., 1967). Although contradicted in some studies (Tschakovsky et al.,
1996), few experimental studies hypothesize the decrease in transmural pressure
could induce myogenic vasodilation (Tschakovsky and Sheriff, 2004), but implemen-
tation of this theory requiresmore accurate knowledge of the magnitude of extravas-
cular pressure and is therefore neglected.
The increase in metabolism due to a muscle contraction is included in the metabolic
mechanism of the regulation of vascular tone via muscle activation Amc (Equation
(B.14)). Because the flow increase due to a muscle contraction increases linearly with
increasing contraction intensity (Tschakovsky et al., 2004), muscle activation is de-
fined to follow the contraction pattern defined by the extravascular pressure and
reaches a maximum of Amc,max corresponding to the percentage of maximum elec-
tromyogram (EMG) activity:
Amc = Amc,max · k(t). (4.17)
Numerical implementation
The model equations were implemented in the finite element package SEPRAN (In-
genieursbureau SEPRA, Leidschendam, the Netherlands) using the computational
method described by Kroon et al. (2012). Time discretization was included based on
an implicit Euler scheme with a time step of ∆t = 1.0 ms and spatial discretization
based on the trapezium rule with element size ∆z = 1.0 cm for arterial and superfi-
cial venous segments, and∆z = 0.5 cm for the deep venous segments, which is nec-
essary to capture the collapse accurately. Themodel parameters that are not included
in the sensitivity analysis are summarized in Table 4.2. Pre- and post-processing was
performed using MATLAB R2012b (MathWorks, Natick, MA, USA).
4.2.2 Physiological data
Pressure and flow measurements were performed on twelve healthy subjects (29± 3
years, six male, six female, BMI: 23.4±2.3 kg m−2) duringmuscle contraction in both
the supine and 70◦ head up tilt positions. These experiments were approved by the
ethical committee of the Northern Rhine Medical Association, Germany (Ethikkom-
mission der A¨rztekammer Nordrhein). Subjects were asked to perform a contraction
of the left calf muscle corresponding to 30% of maximal electromyography (EMG)
activity (Ambu Blue Sensor N, Ballerup, Denmark). Visual feedback of the relative
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Table 4.2: Constant model parameters
Symbol Value Unit Description
ρ 1050 kg m−3 Blood mass density (Kenner, 1989)
g 9.81 m s−1 Gravitational acceleration
pref,A 13 kPa Arterial reference pressure (Bessems et al., 2007)
ν 0.5 - Poisson’s ratio (Westerhof et al., 1969)
E 1.6 MPa Arterial Young’s modulus (Westerhof et al., 1969)
Kp 425 Pa Bending stiffness (Mu¨ller and Toro, 2014)
A+0 1.37 - Fitting constant (Chapter 2)
p+a -2.53 - Fitting constant (Chapter 2)
p+b 3.02 - Fitting constant (Chapter 2)
B 0.108 - Fitting constant (Chapter 2)
A−0 1.28 - Fitting constant (Chapter 2)
p−a -1.49 - Fitting constant (Chapter 2)
p−b 2.03 - Fitting constant (Chapter 2)
γ 4 - Fitting constant (Chapter 2)
η 4.5 mPa s Dynamic blood viscosity (Letcher et al., 1981)
βl 1.0 - Effective valve length ratio (Chapter 3)
Aeff,min 1.0 10
−20 m2 Minimal effective valve cross-sectional area (Mynard
et al., 2012)
βA 0.65 - Effective valve cross-sectional area ratio (Chapter 3)
Kvo 0.3 Pa−1s−1 Valve opening constant (Mynard et al., 2012)
Kvc 0.3 Pa−1s−1 Valve closing constant (Mynard et al., 2012)
dpvalve,0 0 Pa Valve opening and closing pressure drop (Chapter 3)
muscle activitywas provided to enable the subjects to maintainmuscle activity at the
prescribed level. During the experiment blood pressure waveforms were measured
at the finger using photoplethysmography (Finometer Midi, AD instruments), while
maintaining the wrist at heart level. Furthermore, femoral artery blood flow was
assessed using a Mylab 25 ultrasound scanner (Esaote, the Netherlands) equipped
with a linear array probe and having a center frequency of 10 MHz. The blood flow
measurement were performed in pulsed-Doppler mode. Blood flow was estimated
from mean blood flow velocity and vessel diameter using the Poiseuille formulation
(Leguy et al., 2009).
To use the experimental data for validation of the simulated muscle flow, the in vivo
flow decay after muscle contraction (10 s < t < 50 s) was captured using the follow-
ing exponential decay relation and a non-linear least squares fit.
qfit(t) = q0 + (qmax − q0)e
−(t−tmax)/τ , (4.18)
where tmax = 10 s, q0 is the baseline flow, qmax is the flow at t = tmax and τ is the time
constant of the flow decay. Measurements are excluded from postprocessing when
(1) average arterial pressure is below 50 mmHg for a whole experiment, (2) femoral
artery flow was only measured successful during part of the experiment and (3) the
quality of the flow fit was too low (R2adj < 0.6). An average of the pressure and
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Figure 4.3: Finger pressure A and femoral artery flow B response to a muscle contraction in
supine (red) and head up tilt (blue) position. The gray area indicates the 4-smuscle contraction
(MC). Furthermore, the fit (−−) to the flow response is included, where its uncertainty is
indicated with the shaded area around (light gray indicates the overlap). The dotted line (··;
0 < t < 10 s) indicates the uncertain part of the flow curve due to measurement difficulties.
Fitting parameters and their standard deviation can be found in Table 4.3.
femoral artery flow was derived in the supine and head up tilt positions using the
following relation
x(t) =
1
Nsubj
Nsubj∑
isubj
1
NMC,isubj
NMC,isubj∑
iMC
xisubj,iMC(t), (4.19)
where Nsubj is the number of subjects, NMC,isubj is the number of muscle contractions
performed by subject isubj and xisubj,iMC(t) is the waveform obtained during muscle
contraction iMC of subject isubj. The corresponding intersubject standard deviation
was derived using the following relation:
σ2(t) =
1
Nsubj − 1
Nsubj∑
isubj
(
xisubj − x(t)
)2
, (4.20)
where xisubj(t) is the mean response of subject isubj. The resulting time averaged pres-
sure and femoral artery flow are shown in Figure 4.3A and B respectively, with the
supine measurement in red and the head up tilt in blue. The area around the fitted
curve represents one standard deviation from the average fit.
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Table 4.3: Fitting parameters of the flow decay after muscle contraction using the following
equation: qfit(t) = q0 + (qmax − q0)e
−(t−tmax)/τ
q0 [mL/s] qmax [mL/s] τ [s]
Supine 2.8± 1.5 12.1± 5.6 8.4± 1.6
Head up tilt 1.2± 1.1 9.2± 5.0 6.4± 2.2
4.2.3 Simulations and analysis
The first aim is to match the simulated flow response during a supine muscle con-
traction to the measured data (Figure 4.3B), to gain insight into the importance of
the various regulation mechanisms. An explorative local analysis including varia-
tion of xinit, Tmax,0, Gmeta and Gmyo, identified Gmeta and Gmyo as the major deter-
minants. Therefore, Gmeta and Gmyo were varied (−25 < Gmeta < −15; dGmeta = 1
and 0.5 < Gmyo < 1.5; dGmyo = 0.25) during the fitting procedure, while keeping all
other regulation parameters at their baseline values (55 model evaluations). The best
three sets of gains are derived based on the least square of the difference between the
simulated flow response and the in vivo fit.
ǫ =
∫ 50 s
t=10 s
√
(qsim − qfit)2dt. (4.21)
These parameters are then used to repeat the simulation in the head up tilt position.
Apart from obtaining a nice fit, the second aim of the first analysis is to determine
the relative importance of the regulation mechanisms. Because the regulation mech-
anisms are included individually their relative importance can be analyzed directly.
In the above mentioned analysis a constant pressure is used as an input for the
baroreflex and the inlet boundary condition. However, in vivo the systemic pressure
shows a small increase during and a decrease after muscle contraction (Figure 4.3).
In a second analysis the influence of this pressure fluctuation via the systemic pres-
sure and the baroreflex regulation on the flow response was investigated. For this
the best parameter set, derived in the first analysis, was used to repeat the supine
and tilted simulations with the following adaptations: (1) in vivo pressure is used as
an input for the baroreflex and pinlet remains unchanged compared to the previous
simulations; (2) in vivo pressure is used as an input for the baroreflex as well as for
pinlet.
4.2.4 Sensitivity analysis
To investigate the importance of all regulation parameters on the flow response to a
muscle contraction and to validate the choice to derive the fit based on only Gmeta
and Gmyo as described in the previous section, a global sensitivity a
78 Chapter 4 | Regulation of vascular tone
Time [s]
BA
S
x1S
x1,x2
S
x1,x3
S
x3
S
x1,x2,x3
MCArterial flow
50
in vivo fit
q
hut,bl
ε
sup
ε
hut
simulation
100
q
sup,10
q
hut,10
30
supine
tilted
Figure 4.4: Sensitivity analysis A Schematic visualisation of the distribution of the output
variance over the various input parameter and their interactions. Si =main sensitivity index,
Sij = second order effect, Sijk = third order effect. B Output of interest visualized in a plot
of the flow response to a muscle contraction in supine and tilted position.
formed. Simultaneous variation of the input parameters within their uncertainty
range enables the derivation of the variance in the simulated flow response. Each
fraction of this output variance can be allocated to individual parameters or inter-
action between two or more input parameters (Figure 4.4A). The influence of an
individual input parameter is captured by the main sensitivity index Si, which can
be interpreted as the expected reduction in output variance if the true value would
have been known. The contribution of interaction between two or more parameters
is captured by the higher order effects (Sij , Sijk, ...) (Eck et al., 2016).
Output of interest
The following parameters, describing the flow response to a muscle contraction in
both supine and tilted position, are used as outputs of interest:
• qsup,max: Flow in supine position 10 s after the onset of muscle contraction.
• ǫsup =
∫ 50 s
t=10 s
√
(qsim,sup − qfit,sup)2: Root mean square of the difference between
the simulation and the fit of the flow response to a muscle contraction in the
supine position.
• qhut,bl: Baseline flow in the tilted position.
• qhut,max: Flow in the tilted position 10 s after the onset of muscle contraction.
• ǫhut =
∫ 50 s
t=10 s
√
(qsim,hut − qfit,hut)2: Root mean square of the difference between
the simulation and the fit of the flow response to a muscle contraction in the
tilted position.
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Input parameters
The sensitivity analysis was performed while varying all input parameters of the
regulation model. A description of these parameters can be found in Table 4.4, along
with their baseline value and the range used for the sensitivity analysis. The un-
certainty ranges are based on literature values or values resulting in a physiological
flow response determined by a local sensitivity analysis (results not shown). From
this local sensitivity analysis, it was concluded that rm and rt should be fixed, as even
small variation resulted in non-physiological responses or decreasedmodel stability.
Table 4.4: Model input parameters included in the sensitivity analysis. Uncertainty
range is given in percentages, unless indicated with superscript ABS when the
absolute range is given. The uncertainty range is based on literature values and is
adapted when the local sensitivity analysis indicated unphysiological outputs or
decreasing in model stability.
Symbol Value Unit Description Range
σe,0 1.49 kPa Parameter for elastic tension model
(Laplace) (Ursino and Giammarco, 1991)
-10,7.5
Kσ 4.5 - Parameter in tension model (Laplace)
(Ursino and Giammarco, 1991)
-10,10
ra,0 75.0 µm Arteriolar radius in unstressed condi-
tion (Laplace) (Ursino and Giammarco,
1991)
-10,10
σc 5.51 kPa Stress contribution of collagen fibers
(Laplace) (Ursino and Giammarco, 1991)
-10,10
rha,0 0.33 - Unstressed arteriolar wall thickness rel-
ative to radius (Laplace) (Nordborg
et al., 1985)
-10,10
ηa 6.37 kPa s Arteriolar wall viscosity (Laplace)
(Ursino and Giammarco, 1991)
-10,10
nm 1.75 - Parameter for smooth muscle ten-
sion model (Laplace) (Ursino and
Giammarco, 1991; Ursino and Lodi,
1998)
-10,7.5
Tmax,0 5.0 Pa Smooth muscle tension in basal condi-
tion (Laplace) (Ursino and Giammarco,
1991; Ursino and Lodi, 1998)
4.0,5.5ABS
xinit −0.5 - Offset regulation state (Laplace) -0.6,-0.45
ABS
pn 13.3 kPa Reference pressure baroreflex model
(Baroreflex) (Boron and Boulpaep, 2003)
-10,10
fab,min 2.52 s
−1 Minimal afferent firing rate (Barore-
flex) (Ursino, 1998; Ursino andMagosso,
2000; van der Hout-van der Jagt et al.,
2013)
-30,30
fab,max 47.78 s
−1 Maximal afferent firing rate (Barore-
flex) (Ursino, 1998; Ursino andMagosso,
2000; van der Hout-van der Jagt et al.,
2013)
-30,20
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Table 4.4 – continued from previous page
Symbol Value Unit Description Range
kdp 1.5676 kPa Parameter defining slope of afferent
firing rate (Baroreflex) (Ursino, 1998;
Ursino and Magosso, 2000)
-20,30
fsp,∞ 2.1 s−1 Sympathetic firing rate at infinite af-
ferent firing rate (Baroreflex) (Ursino,
1998; Ursino andMagosso, 2000; van der
Hout-van der Jagt et al., 2013)
-30,30
fsp,0 16.11 s
−1 Sympathetic firing rate at zero affer-
ent firing rate (Baroreflex) (Ursino, 1998;
Ursino and Magosso, 2000; van der
Hout-van der Jagt et al., 2013)
-30,30
kes 0.0675 s Parameter defining the shape of the
sympathetic firing rate (Baroreflex)
(Ursino, 1998; Ursino and Magosso,
2000; van der Hout-van der Jagt et al.,
2013)
-30,20
fsp,max 60 s−1 Maximal sympathetic firing rate
(Baroreflex) (Ursino and Magosso,
2000; van der Hout-van der Jagt et al.,
2013)
-30,30
GR 0.33 MPa s m
−3 Gain baroreflex (Baroreflex) (Ursino and
Magosso, 2000)
-30,15
DR 2.0 s Pure time delay sympathetic firing rate
(Baroreflex) (Ursino, 1998; Ursino and
Magosso, 2000; van der Hout-van der
Jagt et al., 2013)
-30,30
fes,min 2.66 s
−1 Minimal sympathetic firing rate affect-
ing resistance (Baroreflex) (Ursino, 1998;
Ursino and Magosso, 2000)
-30,20
τR 6.0 s Time constant low pass filter baroreflex
(Baroreflex) Ursino (1998); Ursino and
Magosso (2000); van der Hout-van der
Jagt et al. (2013)
-30,30
V 300 mL Volume estimation of perfused muscle
tissue (Metabolic) (Elliott et al., 1997)
-10,10
Ca,CO2 20.65 mol m
−3 Arterial CO2 concentration (Metabolic) 20.0,20.9ABS
fm 75 - Ratio of metabolism in rest and under
maximal activity (Metabolic) (Boron and
Boulpaep, 2003)
75,85ABS
Amc,max 0.3 − Percentage of maximum EMG reached
during muscle contraction (Metabolic)
(Tschakovsky et al., 2004)
-30,15
ρm 1055 kg m−3 Muscle density (Metabolic) (Segal et al.,
1986)
1040,1070ABS
MCO2 ,0,m 12.9 µmol s
−1 kg−1 Basal metabolic CO2 production per kg
muscle tissue (Metabolic) (Boron and
Boulpaep, 2003)
9.0,13.5ABS
αt,v 0.49 - Fitting constant venous CO2 concentra-
tion (Metabolic) (Irving et al., 1932)
0.43,0.55ABS
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Table 4.4 – continued from previous page
Symbol Value Unit Description Range
βt,v 11.5 mol m−3 Fitting constant venous CO2 concentra-
tion (Metabolic) (Irving et al., 1932)
9.7,13.3ABS
Cv,CO2 ,0 22.34 mol m
−3 Venous CO2 concentration at rest
(Metabolic) (Geers and Gros, 2000)
22.1,23.0ABS
Gmeta −15 - Gain for metabolic mechanism
(Metabolic)
-25,-10ABS
τmeta 15.0 s Time-constant metabolic regulation
(Metabolic) (Ursino and Lodi, 1998)
12,18ABS
Gmyo 0.75 - Gain for myogenic mechanism (Myo-
genic)
0.1,5ABS
τmeta 7.0 s Time-constant myogenic regulation
(Myogenic) (Ursino and Lodi, 1998)
4,9ABS
Morris screening and general polynomial chaos expansion
To derive the output variance and the sensitivity indices in a computationally effi-
cient manner, the two-step approach described by Donders et al. (2015) was used.
In the first step non-important model parameters are identified by using a Morris
screening. In the second step the generalized polynomial chaos expansion method
is applied to the reduced input space, resulting in a metamodel from which the sen-
sitivity indices can be calculated straightforwardly (Huberts et al., 2014). The meta-
model consists of orthogonal polynomials dependent on the model parameters and
with output-specific coefficients, which are derived by a least-square regression of
the metamodel andN simulations. The accuracy of the metamodel is determined by
the quality of the regression, for which a sufficient number of model evaluations is
needed. In the current study a metamodel containing orthogonal polynomials up to
the third order is derived based on 13485 model evaluations (CPU ≈ 63 h, using 25
cores). The number of model evaluations is based on: N =
(
z+k
z
)
· q, where z = 3
is the order of the metamodel, k = 28 is the number of input parameters of the re-
duced input space and q is set to 3 to have sufficient simulations to obtain a good
regression.
Post sensitivity analysis
To investigate how well the important parameters identified in the sensitivity anal-
ysis can fit the in vivo response two additional sets of simulations were performed.
First, all parameters with ST > 0.05 for at least one output of interest were varied
randomly over k ∗ 500 simulations, with k the number of parameters. Second, the
same process was carried out for all parameters with ST > 0.10. For both sets of
simulations it was investigated which simulations were in good agreement with the
in vivo fit, i.e. within the standard deviation of the in vivo fit. A second subset is
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defined to include all simulation within half the standard deviation. Finally, it is
analysed how the input parameters of these subsets of simulations were distributed
over the input space.
4.3 Results
This section first reports how the activation of the regulation mechanisms influences
the agreement between the flow response and the in vivo data. Secondly, the influ-
ence of systemic pressure on the regulation is reported. Finally, the results of the
sensitivity analysis are presented.
4.3.1 Baseline simulations
The regulatory response to amuscle contraction in the supine position was simulated
while varying the gain of the myogenic and metabolic mechanism. The variation in
regulatory responses and arterial flow are indicated by the gray region either side of
the curve in Figure 4.5A and C respectively. The period of muscle contraction (MC)
is indicated by the shaded region (0 < t < 4 s). The arterial flow responses which
best match the in vivomeasurement (−· plus the standard deviation indicated by the
blue area) are visualised in color. These parameters values are used to repeat the
simulation in the tilted position, for which the results are shown in Figure 4.5B and
D. For the best flow results the regulatory state of the baroreflex (−−), metabolic (−·)
and myogenic (··) mechanism are also shown in color.
Before the onset of muscle contraction in the supine position all the regulation states
are equal to zero. After muscle contraction (t > 4 s), the metabolic mechanism in-
duces a strong vasodilation, whereas the myogenic mechanism and baroreflex show
a mild and small vasoconstriction respectively (Figure 4.5A). Arterial flow shows
an increase due to the muscle contraction and a gradual decay starting at t ≈ 10 s,
which closely matches the in vivo response (Figure 4.5C). Most of the remaining flow
responses show parallel waveforms, although some simulations cross due to a dif-
ference in decay (Figure 4.5C).
In the tilted position, the baroreflex and to a lesser extent the myogenic mechanisms
induce a vasoconstriction at baseline (−10 < t < 0 s). After muscle contraction
(t > 4 s), the metabolic response induces a vasodilation, slightly inhibited by the
vasoconstrictive response of the myogenic mechanism and baroreflex (Figure 4.5B).
Finally, arterial flow increases after muscle contraction and decreases back to base-
line, matching the in vivo response (Figure 4.5D).
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Figure 4.5: Regulatory response to muscle contraction in supine and tilted position, depicted
in the left and right column respectively. In plot A and B the regulation state of the various
mechanisms is shown over time: baroreflex (−−), metabolic (−·), myogenic (··) regulation
and the sum of the three (−). Here, the negative state corresponds to vasodilation and the
positive state to vasodilation. The resulting arterial flow is shown in plot C and D together
with the fit to the in vivo response (−·). The simulations best matching the in vivo response are
depicted in color. The remaining simulations are visualized together with the gray area and
some individual responses are plotted in dark gray.
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4.3.2 Influence of systemic pressure
The influence of the fluctuation in systemic pressure on the flow response to amuscle
contraction is investigated. For this, the best fit found in the previous section is
compared to a simulation with the pressure fluctuations included only in terms of
the baroreflex regulation and a simulation with the pressure fluctuation applied at
the inlet as well as the baroreflex. The regulatory (top) and flow (bottom) response
to a muscle contraction in the supine (left) and tilted (right) position are shown in
Figure 4.6.
In the supine position the three simulations all start at the same baseline and show
a similar decay for t > 10 s (Figure 4.6C). Peak flow (5 < t < 10 s) is lower once
the pressure fluctuation is applied via baroreflex regulation (-). In the case where the
pressure fluctuation is also applied as an inlet boundary condition (-) a fast decrease
is observed shortly after muscle contraction followed by a plateau. In the tilted posi-
tion all three simulations start at the same baseline (Figure 4.6D). The flow decay for
t > 10 s is faster for both simulations with the in vivo pressure applied compared to
the original simulation, but remain close to the fit of the in vivo response (−·). Fur-
thermore, peak flow is higher and is reached sooner following muscle contraction if
the in vivo pressure is used.
4.3.3 Sensitivity analysis
Morris screening
From the Morris screening the following parameters were found to be unimportant:
nm, fab,min, kes,DR,Amuscle,max andMCO2,0,m. Excluding these six parameters from the
polynomial chaos expansion reduces the required number of simulations from 23310
to 13485.
Polynomial chaos expansion
The quality of the derived metamodels, captured by the descriptive error, is shown
in Table 4.5. This gives the part of the variance that could not be captured by the
metamodel. For the ǫsup and ǫhut the descriptive error is relatively large; 0.14 and
0.10 respectively.
The total sensitivity indices for all outputs of interest are shown in Table 4.6. The
input parameters are arranged in order of importance and only contributions greater
than 1% are shown. The myogenic gain Gmyo is the most important parameter for
all outputs of interest. Furthermore, the metabolic gain Gmeta, the initial regulation
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Figure 4.6: Influence of variation in systemic pressure on the regulatory response to mus-
cle contraction in supine and tilted position (left and right column respectively). In plot A
and B the regulation state of the various mechanisms is shown over time: baroreflex (−−),
metabolic (··), myogenic (−·) regulation and the sum of the three (−). Here, the negative state
corresponds to vasodilation and the positive state to vasodilation. The resulting arterial flow
is shown in plot C and D together with the fit to the in vivo response (−·). The various color
represent the original simulation (red), in vivo pressure applied at the baroreflex (green) and
in vivo pressure applied to both the baroreflex and the inlet boundary condition (orange).
Table 4.5: Quality of the metamodel for each output of interest: qmax,sup, ǫsup, qbl,hut, qmax,hut and
ǫhut. The error measure 1 − R
2 can be interpreted as the residual variance that could not be
captured by the metamodel.
qmax,sup ǫsup qbl,hut qmax,hut ǫhut
1− R2 0.04 0.14 0.01 0.06 0.10
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Table 4.6: Total sensitivity indices of all the outputs of interest: qmax,sup, ǫsup, qbl,hut , qmax,hut and
ǫhut. The input parameters are arranged in order of importance and only contributions starting
at 1% are shown.
qmax,sup ǫsup qbl,hut qmax,hut ǫhut
Gmyo 0.79 0.72 0.55 0.64 0.47
Gmeta 0.08 0.17 0.18 0.30
xinit 0.02 0.38 0.04 0.11
τmeta 0.16 0.02 0.09
Cv,CO2 ,0 0.02 0.06 0.05 0.09
Ca,CO2 0.02 0.06 0.05 0.09
r0 0.06 0.06 0.02 0.01 0.02
Tmax,0 0.03 0.03 0.01 0.03 0.05
τmyo 0.08 0.03
fab,max 0.01 0.02 0.02 0.05
fm 0.02 0.05 0.01 0.02
GR 0.02 0.02 0.02 0.04
pn 0.01 0.02 0.04 0.01 0.02
kdp 0.01 0.01 0.02 0.03
Kσ 0.03 0.03
fes,min 0.02 0.01 0.03
fsp,∞ 0.01 0.01 0.03
fsp,0 0.02 0.01
σe0 0.02
rh0 0.02
V 0.02
αtv 0.02
σc 0.01
ηa 0.01
fsp,max 0.01
τR 0.01
ρm 0.01
βtv 0.01
state xinit and the metabolic time constant τmeta all contribute more than 10% to the
variance for at least one output of interest. This is in line with the first local analysis
where a fit was derived based on Gmyo and Gmeta. Four other parameters have a
contribution larger than 5%: Cv,CO2,0, Ca,CO2 , r0 and τmyo. All other parameters have
a smaller contribution, but they do all contribute to the variance of the output.
The main sensitivity indices and higher order interactions are shown in Figure 4.7,
where the main sensitivity indices Si are shown as ellipsoids, the second order in-
teractions are indicated by an arrow and the third order interactions by a shaded
area. The myogenic gain contributes most to the output variance; it has the high-
est main sensitivity index for all outputs of interest and is present in all of the main
interactions. Furthermore, the metabolic gain Gmeta, the initial regulation state xinit
and the metabolic time constant τmeta all have a main sensitivity index and/or inter-
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action larger than 0.05 for at least one output of interest. The sums of the sensitivity
indices (bottom of each subfigure) show that most of the variance is captured by in-
dividual contributions (Si). However, for ǫsup and ǫhut a significant contribution to
the variance comes from interactions between parameters. The contribution of the
parameters varies for each regulation mechanism. The influence of the metabolic
parameters is mainly observed in the maximum flow and ǫ outputs. The baroreflex
parameters, on the other hand, are of more importance for the variance in baseline
flow in the tilted position and the ǫ in tilted position. The parameters describing the
myogenic mechanism and Laplace law are present in all outputs of interest.
Post sensitivity analysis
The important parameters identified though the sensitivity analysis were used to
perform two sets of simulations: (1) varying all parameters with ST > 0.05 (k = 8)
and (2) varying all parameters with ST > 0.10 (k = 4). The flow response in both
the supine and tilted positions together with the distribution of the input parame-
ters is shown in Figure 4.8. Both sets of simulations are divided into four subsets:
(1) the simulations that converged (light gray) (2) the simulations that had a flow
response within the standard deviation of the in vivo fit (middle gray) (3) the simu-
lation that had a flow response within half a standard deviation (dark gray) and (4)
the 10 simulations which best matched the mean in vivo response (colors).
For the first set of 4000 simulations (ST > 0.05) 1610 of the 3880 (41%) converged sim-
ulations had a flow response within one standard deviation of the in vivo response
(mid gray in Figure 4.8AC). Taking only half the standard deviation into account
only 385 (10%) simulations remained (dark gray). In Figure 4.8E it can be observed
that all values of the input parameters can result in a flow response within the in
vivo uncertainty, because the light gray area covers the whole input space. However,
some combinations never occur; e.g. Gmyo and Gmeta never have their maximum
value simultaneously. When considering the simulations within half a standard de-
viation, a decrease in the input range of Gmyo is observed (Figure 4.8E). The ten best
simulations closely match themean in vivo response in both positions (Figure 4.8AC).
The distribution of the input parameters is more spread over the input domain once
the importance of the parameter decreases (parameter importance decreases from
left to right). Whereas the most important parameter Gmyo has relative values be-
tween 0.10 and 0.27, values of the less important parameters, Cv,CO2,0, Ca,CO2,0 and
τmyo, cover the full input domain.
In the second set of 2000 simulations (ST > 0.10) 1104 out of 1961 (56%) converged
simulations showed a flow response within the in vivo uncertainty (mid gray in Fig-
ure 4.8BD). Considering only half a standard deviation results in only 277 (14%)
simulations. Similar to the larger set of simulations, the input parameters of the
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Figure 4.7: Results of the sensitivity analysis for all the outputs of interest: B qmax,sup, C
rmsqsup, D qbl,hut , E qmax,hut and F rmsqhut. The main sensitivity index is visualised in a cir-
cle, the second order interaction with an arrow and the third order interaction with an area.
For clarity only the contributions larger than 1% are shown. The most important parameters
and interactions (with a contribution more than 5%) are highlighted with a gray background
or bold font respectively. The sum of the main sensitivity indices, the sum of the second or-
der interactions and the sum of the third order interactions are shown at the bottom of each
subfigure.
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Figure 4.8: Post sensitivity analysis. The flow response of additional simulations varying
the input parameters with ST > 0.05 (left column) and ST > 0.10 (right column) in both
supine (AB) and tilted position (CD). For both sets the good simulations (present within one
standard deviation and half the standard deviation) are presented in dark gray and the best
10 simulations in color. In the bottom plots (EF) the distribution of the corresponding input
parameter is shown.
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good simulations (within one standard deviation) had values within their whole un-
certainty range (mid gray Figure 4.8F). Again, not all combinations were present,
especially at the lower and upper limits of the domains. For the subset within half
a standard deviation a decrease in input range of Gmyo is observed as for the first
set of simulations. Although the value of ǫsup and ǫhut slightly increased (same order
of magnitude), the 10 best simulations still closely matched the in vivo fit. However,
now the values of Gmeta show a stronger correlation with the values of Gmyo, which
is in line with the high values found in the sensitivity analysis for the interaction
between Gmyo and Gmeta. Furthermore, the range of Gmeta has shifted to the upper
part of the domain, which indicates Gmeta could be fixed within this range to obtain
a good fit.
4.4 Discussion
The flow augmentation observed at the onset of exercise is hypothesized to be a re-
sult of the muscle pump effect, the regulation of vascular tone or a combination of
both. In Chapter 2, we showed that the muscle pump effect alone cannot induce
the flow increase observed in vivo. Therefore, in the current study the importance of
the major mechanisms regulating blood flow during the different phases of a muscle
contraction has been investigated in both the supine and tilted position. To investi-
gate these effects the arterio-venous 1D pulse wave propagation model of Chapter
2 has been extended with a regulation model accounting for baroreflex, metabolic
and myogenic regulation. Model parameters were either taken from literature or
determined by fitting the simulated arterial flow response to the measured in vivo
response to a muscle contraction in the supine position. The model was then val-
idated by comparing simulated results with the in vivo measurements in the tilted
position without changing the parameter values obtained from the fit in the supine
position. Furthermore, a sensitivity analysis has been performed to quantify the im-
portance of the input parameters in the regulation model.
The model was able to capture the in vivo response in the supine position when only
optimizing the values of the myogenic and metabolic gain (Figure 4.5C). When the
same parameters were used to simulate a muscle contraction in the tilted position,
again good agreement was found (Figure 4.5D). The model response replicates two
of the main features of flow variation. Firstly, it matches the flow decay back to base-
line after the vasodilation is initiated following muscle contraction. Secondly, the
model captures the decreased baseline flow in the tilted position observed in vivo.
Examining the activation of the various regulationmechanisms, the metabolic mech-
anism is the main vasodilator after muscle contraction in both the supine and tilted
position, which is in line with in vivo studies (Na˚dland et al., 2009; Tschakovsky and
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Sheriff, 2004). Furthermore, these simulations support the hypothesis of Na˚dland
et al. (2009) that the decrease in baseline flow in the tilted position is a result of the
global baroreflex and local myogenic activation. The latter is a result of the decreased
carotid pressure and increased arteriolar pressure respectively.
The influence of the variation in systemic pressure via the baroreflexmechanism and
the boundary conditions of the model is assessed and ismost clearly observedwithin
the first 10 s after the onset of muscle contraction (Figure 4.6). The lack of reliable
in vivo data shortly after muscle contraction, does not allow any conclusions to be
drawn on which implementation is closest to physiology. The relatively small effect
during the remaining part of the response (t > 10s) can be explained by the fact that
most of the variation in systemic pressure is present shortly after muscle contraction.
In the in vivo study of Na˚dland et al. (2009) it was stated that the systemic pressure
reduction was too small to have an effect on femoral artery flow. However, based
on the combination of the current model results and in vivomeasurements this state-
ment can neither be confirmed nor rejected. Because the current study focusses on
the flow decay after muscle contraction and the baseline flow, which are both hardly
affected, the systemic pressure variation is not expected to have a large influence on
the results.
Based on the sensitivity analysis, the spread in myogenic gain Gmyo is clearly the
most important parameter (both individually and through interactions) of the regu-
lation model for variance in the simulated flow response to muscle contraction (Fig-
ure 4.7). The uncertainty in metabolic gain Gmeta also has a significant contribution
to the output variance. The importance of both gains was expected, because they de-
termine the magnitude of vasodilation. Furthermore, it confirms the choice to vary
Gmyo and Gmeta in the first analysis. The fact that Gmyo is more important than Gmeta
may be a result of the sigmoid function (Equation (B.7)) that is applied to the total
regulation state. Even a small myogenic activation (i.e. vasoconstriction) will shift
the total regulation towards the more sensitive part of the regulation curve. A third
important parameter is xinit, which is the offset of the regulation state. A change in
xinit can shift the regulatory response to a less or more sensitive region of the regula-
tion curve. This explains the large importance of xinit for qbl,hut. The fourth important
parameter is the metabolic time-constant τmeta, which is logically important for both
ǫ outputs. The fact that the metabolic parameters dominate the ǫ output is logi-
cal, because the metabolic activation was concluded to be the main vasodilator after
muscle contraction. The baroreflex is almost inactive in the supine position, which
is confirmed by the fact that the baroreflex parameters are not present for the supine
outputs. Whilst the current model may seem complex, the large contribution of the
higher order terms (Sij and Sijk in Figure 4.7) indicates the need of all parameter
interactions in capturing the complex physiology of the system and thereby that the
92 Chapter 4 | Regulation of vascular tone
model is not too complex.
In the post sensitivity analysis it was concluded that even when only varying the
4 most important parameters (contributing more than 10%), it was still possible to
find simulations that strongly resemble the in vivo response. The small range found
for Gmyo for the 10 best fits confirms the importance of Gmyo. Furthermore, the in-
teraction between Gmyo and Gmeta was also confirmed, because high values of the
two parameters never occur simultaneously. Examining the relation between Gmyo
and Gmeta for the 10 best fits, even suggests defining a relation between the two. The
large spread of input parameters observed for the subset of simulations within the
measurement uncertainty, could indicate that the whole input space is not covered.
However, analysing the simulations with a flow response within half a standard de-
viation indicates that if one could reduce the measurement uncertainty, the input
space of the most important parameterGmyo could be decreased.
To model the regulation of vascular tone a general approach is taken using the mean
arteriolar radius as a measure for the regulatory state, because the explicit repre-
sentation of individual arterioles was not of interest in the current study. Metabolic
regulation was included based on a single metabolite, whereas many metabolites are
known to act as vasodilator and no single metabolite has been shown to account for
the full vasodilatory response (Joyner and Casey, 2015). However, the current im-
plementation is in good agreement with the in vivo response, which indicates that
the tissue CO2-concentration is a good surrogate for the general metabolic response.
For a correct myogenic activation an accurate pressure level is necessary. As only
the calf circulation is included in the 1D part, the hydrostatic column applied to the
pressure boundary condition might be overestimated, especially on the venous side.
This could be overcome if the proximal vasculature would also be included in the
1D part of the model. However, as the current model is able to accurately match the
in vivo response, it is concluded that the current model contains sufficient detail to
capture the flow response after muscle contraction.
For validation of the developed model, in vivo ultrasound measurements were per-
formed capturing the flow response to a calf muscle contraction in both the supine
and tilted positions (Figure 4.3B). Measured baseline flow in the supine position was
observed to be 2.3 times higher than in the 70◦ head up tilt position (Table 4.3), which
is in line with the flow decrease observed by Na˚dland et al. (2009) in the 30◦ head up
tilt position. Flow changes observed following muscle contraction reach peak flow
within 10 s followed by a decay back to baseline within a further minute. This is in
accordance with the changes observed by Tschakovsky et al. (1996) following a sin-
gle forearm contraction and those observed by Wesche (1986) following quadriceps
contraction. Although the general flow response is in accordance with previous in
vivo studies, the first 10 s after the onset of muscle contraction are excluded from the
Chapter 4 | Regulation of vascular tone 93
validation, because this part of the measurement is less accurate due tomeasurement
difficulties during and shortly after muscle contraction. Improvedmeasurements are
necessary for validation of the simulated flow response in the first 10 s after muscle
contraction, which could possible be obtained by fixing the ultrasound probe to the
subject.
The quality of the metamodel, captured in the coefficient of determination (1− R2),
was observed to be lower for the outputs ǫsup and ǫhut. Because both outputs cover a
time range of 40 s, they include more information, which is more likely to be hard to
capture in a metamodel. Furthermore, these results could be due to the fact that the
importance of the parameters excluded by theMorris screeningwas underestimated.
However, the post sensitivity analysis shows that even when varying only the four
most important parameters the model is capable to capture the flow response to a
muscle contraction. Another more likely reason is that the variance that could not
be captured by the metamodel is a result of the high frequency vibrations present
in some simulations, because the ǫ outputs are affected most by these instabilities.
Further research is needed to improve model stability. However, the values of the
coefficient of determination are still acceptable and are not expected to influence the
results.
This study has described how the developed model can be used to study the regula-
tion of vascular tone in healthy individuals under muscle contraction. However, this
model has potential application in the study of chronic venous disease. Extending
the current model with regurgitating valves (Mynard et al., 2012) or valve prolapse
(Pant et al., 2015), would allow examination of valve dynamics and hemodynamics
in the presence of disease. Furthermore, the model could be used to simulate the
effect of multiple contractions, as studied by Simakov et al. (2013), or even exercise.
For the latter application, an extension of the model to the full circulation (Mu¨ller
and Toro, 2014; Mynard and Smolich, 2015) is needed to account for venous return
and baroreflex regulation of heart rate and heart contractility. This would also im-
prove the model with a better representation of the full hydrostatic column.
4.5 Conclusion
A 1Dpulse wave propagationmodel was developed including the baroreflex,metabolic
and myogenic regulation, which enables the simulation of the flow response to a
muscle contraction. In addition to the model presented in Chapter 2, which consid-
ered only the mechanical effect of a muscle contraction (muscle pump), we added
a regulation model and now the simulated flow response accurately mimicks the in
vivomeasurements in both the supine and tilted positions. This confirms the hypoth-
esis that regulation of peripheral resistance is an important mechanism inducing the
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flow increase at the onset of exercise. From the activation of the regulatory mecha-
nisms it is concluded that (1) metabolic activation is the main vasodilator after mus-
cle contraction and (2) baroreflex and myogenic activation are responsible for the
decrease in baseline flow in the tilted position. The sensitivity analysis confirmed
Gmyo as the most important parameter.
Chapter 5
Full circulation
A manuscript based on this chapter is being prepared.
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5.1 Introduction
Orthostatic intolerance is often observed in patients with spinal chord injury (Clay-
don et al., 2006), post-flight in astronauts (Buckey et al., 1996) and is related to ag-
ing (Rutan et al., 1992). People suffering from orthostatic intolerance are unable to
compensate for gravity-induced blood pooling in the lower extremity in the upright
position, which may result in critical events, such as syncope. In healthy subjects ac-
tivation of the calf muscle pump and the baroreflex are two important compensatory
mechanisms. The muscle pump induces an increase in venous return by squeez-
ing the deep veins under muscle contraction. The baroreflex aims for maintaining
mean arterial pressure by increasing heart rate, contractility and peripheral resis-
tance. However, many mechanistic questions remain on the contribution of the in-
dividual mechanisms and their interactions. Increased insight in these mechanisms
and their interactions can improve the understanding of orthostatic intolerance.
Mathematical models of the cardiovascular system based on physical laws and phys-
iological principles can be used to quantitatively predict hemodynamics. In the past,
these mathematical models have already proven to be able to aid understanding of
cardiovascular physiology (Boileau et al., 2015; van de Vosse and Stergiopulos, 2011).
Studies developing mathematical models to investigate the hemodynamic response
to orthostatic stress are scarce and are often based on 0D lumped parameter models.
The simplicity of this type of models makes them ideal to include the full circulation
and examine global effects. Therefore, 0D models are often used to investigate the
baroreflex response under head up tilt (Heldt et al., 2002; Lim et al., 2013; Olufsen
et al., 2005). However, studying more local mechanisms such as the muscle pump ef-
fect and the venous valve dynamics, requires more spatial details to enable inclusion
of venous valves and a continuous gravitational force. Therefore, a 1D pulse wave
propagation model might be more appropriate. In the previous chapters, a 1D pulse
wave propagation model of the calf circulation was presented to examine the local
hemodynamic response to a muscle contraction. However, to assess global blood
volume shifts in response to orthostatic stress an extension to the full circulation is
needed. Although the 1D pulse wave propagation model is often applied to study
the arterial hemodynamics, only few studies exist that model the hemodynamics in
the full circulation (Mu¨ller and Toro, 2014; Mynard and Smolich, 2015). However, to
our knowledge, no 1D model of the full circulation exists that includes gravitational
acceleration, although it is needed when modeling the volume shifts in the upright
position.
Apart from the inclusion of gravitational acceleration, it is also essential to model
the correct distribution of blood volume when studying blood volume shifts. In the
human body, most of the volume is present in the smaller vessels (r < 1mm) (Boron
and Boulpaep, 2003). Vessels with this caliber are often lumped in a 0D model of the
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whole micro-circulation (i.e. arterioles, capillaries and venules) and then coupled
to a 1D pulse wave propagation model of the large arteries. The micro-circulation
is then represented by a combination of resistances, compliances and eventually in-
ertances. These parameters are often chosen such that (1) the correct mean arterial
flow is obtained (by matching total resistance); (2) high frequency reflections are
minimized at the transition from the 1D to 0D segments (characteristic impedance
connecting vessel); and (3) the pressure wave has physiologic time decay character-
istics (set compliance to obtain a correct RC-time). However, these restrictions do
not define the volume distribution over the various micro-circulations and also not
within the micro-circulation itself (i.e. arteriolar, capillary and venular level). For the
current application amicro-circulationmodel is required that allows to distribute the
volume over the various tissues and to distribute the volume within the tissue over
the three components: arteriolar, capillary and venular.
Moreover, such a compartmental approach allows future inclusion of regulation of
vascular tone and filtration at the capillary level. In response to orthostatic stress the
baroreflex will induce vasoconstriction of the arterioles in order to maintain mean
arterial pressure. Furthermore, filtration will take place at the capillary level, which
becomes important during prolonged orthostatic stress.
In this study, we aim to develop a full circulation pulse wave propagation model
coupled to a three compartment micro-circulation model, that allows for analysing
the blood volume shifts under head up tilt. For this, the arterial and venous 1D pulse
wave propagation model presented in Chapter 2 is extended to the full circulation
and heart dynamics and the pulmonary circulation are added based on Bovendeerd
et al. (2006) and Cox et al. (2009) respectively. Furthermore, a new micro-circulation
model is presented enabling to define the blood volume distribution, while main-
taining the capacity to obtain the correct flow distribution and minimize high fre-
quency reflections at both the arterial and venous transition to the micro-circulation.
Furthermore, the micro-circulation will be split into three compartments to also cap-
ture the volume distribution over the arterioles, capillaries and venules. Although it
is not the aim of the current study, this three-compartments structure also facilitates
future inclusion of e.g. arteriolar vasoconstriction or capillary filtration.
5.2 Methods
5.2.1 Model
To study the blood volume shift under head up tilt, a mathematical model of the
full circulation is built (Figure 5.1). The model includes a 0D single fiber heart
model (Arts et al., 1991), 0D versatile heart valves (Mynard et al., 2012), a 1D pulse
Chapter 5 | Full circulation 99
1D arterial pulse 
wave propagation
0D  pulmonary circulation
0D  single fiber heart +
0D versatile heart valves
RV
RA
LV
LA
R
pul,art
R
pul,p
R
pul,ven
C
art
L
pul,art
L
pul,ven
C
ven
1D venous pulse 
wave propagation
0D  micro-circulation
Z
ven
R
ven
R
cap
R
cap
R
art
Z
art
C
ven
C
art
C
cap
Figure 5.1: Schematic model configuration including: 0D single fiber heart model, 0D versatile
heart valves, 1D arterial and venous pulse wave propagation model, 0D micro-circulation
and 0D pulmonary circulation. The shown 0D micro-circulation model represents the triple
windkessel model. A description of the different model parameters is given in Table 5.1.
wave propagation model for the large systemic arteries and veins (Chapter 2), a 0D
pulmonary circulation (Cox et al., 2009) and a 0D model for the systemic micro-
circulation. For the systemic micro-circulation two types are presented: the tradi-
tional single windkessel and the new three-compartment windkessel specifically de-
signed for our application. In the following sections, the governing equations of the
various model parts are described and the model parameters are given in Table 5.1.
Table 5.1: Model parameters: baseline value and description are given.
Symbol Value Unit Description
σa0 155 kPa Sarcomere stress in reference state
ls,a0 1.5 µm Sarcomere length below which active stress is zero
(Bovendeerd et al., 2006)
ls,ar 2.0 µm Sarcomere length in reference state (Bovendeerd
et al., 2006)
τr 150 ms Reference rise time constant (van der Hout-van der
Jagt et al., 2012)
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Table 5.1 – continued from previous page
Symbol Value Unit Description
τd 250 ms Reference decay time constant (van der Hout-van der
Jagt et al., 2012)
ar 100 s/mm Constant defining sarcomere length dependency of
time rise constant (van der Hout-van der Jagt et al.,
2012)
ad 400 s/mm Constant defining sarcomere length dependency of
time decay constant (van der Hout-van der Jagt et al.,
2012)
v0 10 µm s−1 Unloaded sarcomere shortening velocity (Boven-
deerd et al., 2006)
σf0 900 Pa Passive stress in fiber direction at zero stretch (Boven-
deerd et al., 2006)
σr0 200 Pa Passive stress in radial direction at zero stretch
(Bovendeerd et al., 2006)
cf 12 - Constant defining shape of passive stress, stretch re-
lation in fiber direction (Bovendeerd et al., 2006)
cr 9 - Constant defining shape of passive stress, stretch re-
lation in radial direction (Bovendeerd et al., 2006)
ρ 1050 kg m−3 Blood density (Kenner, 1989)
g 9.81 m s−2 Magnitude of gravitational acceleration on earth
pref,A 12.7 kPa Reference pressure arterial constitutive law
A+0 1.37 - Fitting constant (Chapter 2)
p+a -2.53 - Fitting constant (Chapter 2)
p+b 3.02 - Fitting constant (Chapter 2)
B 0.108 - Fitting constant (Chapter 2)
A−0 1.28 - Fitting constant (Chapter 2)
p−a -1.49 - Fitting constant (Chapter 2)
p−b 2.03 - Fitting constant (Chapter 2)
γ 4 - Fitting constant (Chapter 2)
Kp,min 0.5 kPa Minimal bending stiffness
Kp,max 2.0 kPa Maximal bending stiffness
η 4.5 mPa s Dynamic blood viscosity (Letcher et al., 1981)
Aeff,min 1·10
−20 m2 Minimal valve opening area
dpvalve,0 0 Pa Valvular pressure drop at which opening/closing is
initiated (Mynard and Smolich, 2015)
βart 0.6875 - Part of pressure drop within arterioles (Boron and
Boulpaep, 2003)
βcap 0.1875 - Part of pressure drop within capillaries (Boron and
Boulpaep, 2003)
βven 0.1250 - Part of pressure drop within venules (Boron and
Boulpaep, 2003)
γart 0.133 - Part of volume within arterioles (Boron and Boul-
paep, 2003)
γcap 0.1 - Part of volume within capillaries (Boron and Boul-
paep, 2003)
γven 0.767 - Part of volume within venules (Boron and Boulpaep,
2003)
Vtot 3.0 L Total amount of blood volume within the systemic
micro-circulation (Boron and Boulpaep, 2003)
Rpul,a 2.5 MPa s/m
−3 Arterial pulmonary resistance (Cox et al., 2009)
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Table 5.1 – continued from previous page
Symbol Value Unit Description
Lpul,a 12 kPa s
2/m−3 Arterial pulmonary inertia (Cox et al., 2009)
Cpul,a 65 mm
−3/Pa Arterial pulmonary compliance (Cox et al., 2009)
Rpul,p 14 MPa s/m
−3 Peripheral pulmonary resistance(Cox et al., 2009)
Rpul,v 2.5 MPa s/m
−3 Venous pulmonary resistance(Cox et al., 2009)
Lpul,v 12 kPa s
2/m−3 Venous pulmonary inertance(Cox et al., 2009)
Cpul,v 310 mm
−3/Pa Venous pulmonary compliance(Cox et al., 2009)
0D Single fiber model: heart
To include the pumping function of the heart, the wall mechanics of all cardiac cav-
ities is captured using the single fiber model as developed by Arts et al. (1991) and
Bovendeerd et al. (2006). This model relates the local sarcomere stresses and stretches
to the global cavity pressure pcav and volume Vcav.
pcav =
1
3
(σf − 2σr,p) ln
(
1 +
Vcav,W
Vcav
)
, (5.1)
where Vcav,W is the wall volume of the cavity, σp,r is the passive stress in radial direc-
tion and σf = σf,a + σf,p is the fiber stress, which is the sum of an active σf,a and a
passive σf,p component. The active fiber stress is modeled to depend on contractil-
ity c, sarcomere length ls, time elapsed since activation ta and sarcomere shortening
velocity vs(= −l˙s) based on Bovendeerd et al. (2006) and van der Hout-van der Jagt
et al. (2012):
σf,a = σar · c · f(ls) · g(ls, ta) · h(vs) (5.2)
where f(ls) depends on sarcomere length ls via:
f(ls) =
{
0 ls ≤ ls,a0
ls−ls,a0
ls,ar−ls,a0
ls > ls,a0
, (5.3)
where ls,a0 is the sarcomere length below which active stress equals zero, ls,ar is the
sarcomere length in the reference state with corresponding reference stress σar. Sec-
ondly, g(ls, ta) is defined to depend on ls and ta:
g(ls, ta) =


0 ta < 0
sin(pita2τr ) 0 ≤ ta < τr
1− sin(pi(ta−τr)2τd ) τr ≤ ta < τr + τd
0 ta ≥ τr + τd
, (5.4)
where rise τr and decay τd time constants are defined according to van der Hout-
van der Jagt et al. (2012):
τr = τr1 + ar(ls − ls,0) and τd = τd1 + ad(ls − ls,0) (5.5)
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Table 5.2: Parameters single fiber heart model.
LA LV RA RV
Vcav,W mL 10 230 10 80
Vcav,0 mL 35 50 35 60
c - 0.7 1.0 0.7 0.5
where τr1 and τd1 are the reference rise and decay time constants respectively. ar
and ad define the length dependency. Finally, the dependency on vs is captured with
h(vs) as follows:
h(vs) = 1− vs/v0, (5.6)
where v0 is the unloaded sarcomere shortening velocity. Passive stress in fiber and
radial direction are defined with the following relations:
σf,p(λf) =
{
σf0(e
cf(λf−1) − 1) λf ≥ 0
0 λf < 0
, (5.7)
σr,p(λr) =
{
σr0(e
cr(λr−1) − 1) λr ≥ 0
0 λr < 0
, (5.8)
where σf0 and σr0 are the passive stress at zero stretch in fiber and radial direction,
and cf and cr are constants defining the shape of the relation. The stretch in fiber λf
and radial λr direction are defined to depend on cavity volume according to:
λf =
(
Vcav +
1
3Vcav,W
Vcav,0 +
1
3Vcav,W
) 1
3
and λr = λ
−2
f , (5.9)
where Vcav,0 is the cavity volume at zero transmural pressure. To differentiate be-
tween the various cavities, wall volume Vcav,W and zero pressure volume Vcav,0 are
defined per cavity (Table 5.2). Furthermore, contractility c is adapted to account for
the less efficient contraction of the atria and right ventricle relative to the left ventri-
cle (Table 5.2).
1D Pulse wave propagation: arteries and veins
The hemodynamics in the large arteries and veins are captured using the 1D equa-
tion of mass andmomentum balance. To account for the hydrostatic pressure arising
upon a head up tilt, gravitational acceleration is included in the momentum balance:
C
∂ptr
∂t
+
∂q
∂z
= 0, (5.10)
∂q
∂t
+
∂Av2z
∂z
+
A
ρ
∂p
∂z
=
2πa
ρ
τw +Agz, (5.11)
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where C is the compliance per unit length, ptr = p − pex is the transmural pressure,
with p and pex the intra- and extravascular pressure respectively, t is the time, q is the
flow and z is the axial coordinate. Furthermore, A is the cross-sectional area, vz is
the axial velocity averaged over the cross-sectional area, ρ is the density of blood, a
is the radius and τw is the wall shear stress. Finally, gz = g eg · ez is the contribution
of gravity in axial direction, with g the magnitude of gravitational acceleration on
earth, eg the unit vector in the direction of gravity and ez the unit vector in axial
direction.
An estimate of the advection
∂Av2z
∂z and wall shear stress τw term is derived based
on the approximate velocity profile (Bessems et al., 2007). This profile assumes the
inertia forces to be in balance with the pressure gradient and gravitational forces in
the central core. In the viscous boundary layer, viscous forces are assumed to balance
the pressure gradient and gravitational forces. At the transition from the central core
to the viscous boundary layer, all forces are assumed to be in balance (for details see
Bessems et al. (2007)).
To complete the system of equations a constitutive law is needed to describe the
pressure area relation. Similar to the previous chapters, the small changes in arterial
cross-sectional area are captured with a linear relation. The nonlinear response of
the venous wall is included using the fit of the tube law of Shapiro (1977) as pre-
sented in Chapter 2. Based on in vivo observations (Bassez et al., 2001) and the
radius-dependency described by Mu¨ller and Toro (2014), the bending stiffness Kp
throughout the venous tree is defined by the following relation:
Kp = Kp,max − (Kp,max −Kp,min)
r − rmin
rmax − rmin
(5.12)
where rmin and rmax are the minimal and maximal radius in the venous tree, re-
spectively, and Kp,min and Kp,max are the minimal and maximal values for bending
stiffness.
The geometrical data of the systemic arteries and veins included in the 1D pulse
wave propagation model is given in Table 5.3.
Table 5.3: Overview of the geometrical parameters of the large systemic arteries
and veins included using the 1D pulse wave propagation model: l length, r1, r2
radii, h1, h2 wall thicknesss and E Young’s modulus.
Vessel l [mm] r1 [mm] r2 [mm] h1 [mm] h2 [mm] E [MPa]
Ascending aorta 31.1 14.7 14.4 1.8 1.8 0.4
Aortic arch A 1.2 12.6 12.0 1.6 1.6 0.4
Innominate artery 42.5 10.1 9.0 1.3 1.1 0.4
R subclavian artery A 30.6 5.5 4.3 0.7 0.5 0.4
R carotid artery 100.8 6 3 0.8 0.4 0.8
R vertebral artery 230.6 1.9 1.4 0.2 0.2 0.8
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Table 5.3 – continued from previous page
Vessel l [mm] r1 [mm] r2 [mm] h1 [mm] h2 [mm] E [MPa]
R subclavian artery B 301.6 4.1 2.4 0.5 0.3 0.4
R internal carotid artery 120.8 2.4 1.5 0.3 0.2 0.8
R external carotid artery 50.3 2.7 2.1 0.3 0.3 0.8
Aortic arch B 10.5 10.7 10.4 1.3 1.3 0.4
L common carotid artery 130.8 6.8 3.5 0.8 0.4 0.8
L internal carotid artery 140.4 2.5 1.5 0.3 0.2 0.8
L external carotid artery 60.8 2.9 2.2 0.4 0.3 0.8
Thoracic aorta A 230.4 10 6 1.3 0.8 0.4
L subclavian artery A 50.8 5.8 4.6 0.7 0.6 0.4
L vertebral artery 230.5 1.9 1.4 0.2 0.3 0.8
L subclavian artery B 321.6 4.2 2.4 0.5 0.3 0.4
Abdominal aorta B 12.1 5.9 5.9 0.7 0.7 0.4
Superior mesenteric artery 20.4 4.0 3.6 0.5 0.4 0.4
L renal artery 51.0 2.6 2.6 0.3 0.3 0.4
R renal artery 60.8 2.6 2.6 0.3 0.3 0.4
Abdominal aorta D 0.8 5.8 5.6 0.7 0.7 0.4
Inferior mesenteric artery 21.0 2.4 1.6 0.3 0.2 0.4
Abdominal aorta E 82.6 5.2 5.2 0.7 0.7 0.4
L common iliac artery 51.0 4.0 3.5 0.5 0.4 0.4
L external iliac artery 161.0 3.2 3.1 0.4 0.4 0.8
L internal iliac artery 41.0 2.0 2.0 0.3 0.3 1.6
L femoral artery 490.9 2.6 1.9 0.3 0.2 0.8
L deep femoral artery 81.0 2.0 1.9 0.3 0.2 0.8
L posterior tibial artery 351.0 1.6 1.4 0.2 0.2 1.6
L anterior tibial artery 321.0 1.3 1.2 0.2 0.1 1.6
R common iliac artery 61.0 4.0 3.5 0.5 0.4 0.4
R external iliac artery 161.0 3.2 3.1 0.4 0.4 0.8
R internal iliac artery 51.0 2.0 2.0 0.3 0.3 1.6
R femoral artery 500.9 2.6 1.9 0.3 0.2 0.8
R deep femoral artery 81.0 2.0 1.9 0.3 0.2 0.8
R posterior tibial artery 371.0 1.6 1.4 0.2 0.2 1.6
R anterior tibial artery 331.0 1.3 1.2 0.2 0.1 1.6
Superior vena cava 31.1 8.0 8.0
Inferior vena cava 237.0 7.6 7.6
R Brachiocephalic vein 42.5 5.6 5.6
L subclavian vein I 21.2 5.4 5.4
R subclavian vein I 30.6 5.6 5.6
L subclavian vein II 331.6 5.2 5.2
R subclavian vein II 301.6 5.2 5.2
L vertebral vein 225.2 1.6 1.4
R vertebral vein 231.6 1.6 1.4
L internal jugular vein 132.2 5.4 5.6
R internal jugular vein 96.5 7.1 3.8
L venous sigmoid sinus 140.4 3.9 2.2
R venous sigmoid sinus 120.8 2.5 1.9
L external jugular vein 60.8 1.7 1.4
R external jugular vein 50.3 1.7 1.4
Superior mesenteric vein 20.4 4.9 4.9
R renal vein 60.8 2.5 2.5
L renal vein 51.0 2.5 2.5
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Table 5.3 – continued from previous page
Vessel l [mm] r1 [mm] r2 [mm] h1 [mm] h2 [mm] E [MPa]
Inferior mesenteric vein 21.0 4.5 4.5
R common iliac vein 61.0 5.8 5.8
L common iliac vein 51.0 5.8 5.8
R internal iliac vein 51.0 1.5 1.5
L internal iliac vein 41.0 1.5 1.5
R external iliac vein 161.0 5.0 5.0
L external iliac vein 161.0 5.0 5.0
R deep femoral vein 81.0 3.5 3.5
L deep femoral vein 81.0 3.5 3.5
R femoral vein 501.0 3.5 3.4
L femoral vein 490.9 3.5 3.4
R anterior tibial vein 351.0 1.5 1.5
L anterior tibial vein 321.0 1.5 1.5
R posterior tibial vein 371.0 1.5 1.5
L posterior tibial vein 341.0 1.5 1.5
Azygos vein 255.3 4.3 4.3
Hemazygos vein 121.6 4.3 2.8
Ascending lumbar vein 131.5 2.8 2.0
0D Versatile heart valves
The hemodynamics of the heart valves are described using versatile valve model of
Mynard et al. (2012). The valvular pressure drop is defined to depend on the flow
via the following relation:
∆p = Bq|q|+ L
∂q
∂t
, (5.13)
where the Bernouilli resistance B and the inertia L are defined by the following re-
lations:
B =
ρ
2A2eff
and L =
ρleff
Aeff
, (5.14)
where leff is the effective valve length. To include the valve dynamics the effective
cross-sectional area Aeff is defined as a function of valve state ζ:
Aeff = (Aeff,max −Aeff,min) ζ +Aeff,min, (5.15)
with Aeff,max and Aeff,min the maximal and minimal cross-sectional area respectively.
Valve state ζ can vary between zero (=fully closed) and one (fully open), and open-
ing and closing is defined to depend on the pressure drop over the valve via the
following relations:
dζ
dt
=
{
(1− ζ)Kvo (∆p− dpvalve,0) , for∆p > dpvalve,0
ζKvc (∆p− dpvalve,0) , for∆p < dpvalve,0
, (5.16)
where Kvo and Kvc are constant defining the opening and closing rate of the valve.
Furthermore, dpvalve,0 is the pressure drop over the valve above and below which
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Table 5.4: Heart valve parameters for the mitral valve (MV), the aortic valve (AV), the tricus-
pid valve (TV) and the pulmonary valve (PV) (Mynard and Smolich, 2015).
MV AV TV PV
Aeff,max mm
2 510 490 600 570
leff cm 2.0 1.0 2.0 1.5
Kvo m s kg−1 0.2 0.2 0.3 0.2
Kvc m s kg−1 0.2 0.2 0.4 0.4
opening and closing is initiated respectively. To capture the different dynamics of
the various valves, the parameters Aeff,max, leff, Kvo and Kvc are defined per valve
based on Mynard et al. (2012) (Table 5.4).
0D Pulmonary circulation
To capture the hemodynamics of the pulmonary circulation a lumped parameter
model is used. Although the pulmonary hemodynamics are known to be affected
by gravitational acceleration, it is not included in the current study. Similar to the
study of Cox et al. (2009), arteries and veins are built up from segments including
a resistance Rpul,i and inertance Lpul,i in series, and a compliance Cpul,i connected to
the extravascular pressure (Figure 5.1). For these elements, the following pressure
flow relations hold:
∆p = Rpul,iq, Cpul,i
∂ptr
∂t
= q and ∆p = Lpul,i
∂q
∂t
, (5.17)
with i = a for the arterial segment and i = v for the venous segment. The arterial
segment is connected to a resistance Rpul,p, which represents the resistance of the
pulmonary micro-circulation. The outlet of this resistance is connected to a venous
segment.
0D Micro-circulation: traditional single windkessel
To capture the pressure drop over the micro-circulation and include the compliance
of the peripheral vascular bed, the traditional windkessels is used as a reference
model (Westerhof et al., 1969). This single windkessel model contains of two resis-
tances in series and a compliance connected to the extravascular pressure. The sum
of the resistances is chosen such that the flow through the peripheral bed i equals
the mean systemic pressure drop∆psys divided by the local flow qi:
Rtot,i =
∆psys
qi
. (5.18)
The local mean flow qi is based on the distribution of the flow over the various body
parts (Table 5.5) andwithin a body part scaledwith the radius of the supplying artery
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Table 5.5: Flow distribution over the various body parts (Nichols and O’Rourke, 1997).
αp
Arms 0.146
Cerebral 0.135
Splanchnic 0.250
Renal 0.198
Legs 0.271
using the following equation:
qi = αp ·
r3i
1
Np
∑Np
j=1 r
3
j
· qsys (5.19)
where αp is the percentage of flow attributed to part p, ri the radius of the con-
necting artery,Np the number of micro-circulations within part p and qsys the cardiac
output. To minimize reflections at the transition from the 1D arterial to the 0Dmicro-
circulation the first resistance is defined such to match the characteristic impedance
Zwk of the connecting artery. The second resistance Rwk contains the remaining part
of the resistance.
Rtot,i = Zwk +Rwk. (5.20)
The compliance Cwk is derived based on a typical time constant τRC
Cwk =
τRC
Rwk
. (5.21)
0D Micro-circulation: three-compartmentmodel
To capture both the blood volume present within the micro-circulation, next to the
pressure drop over the micro-circulation, the traditional single windkessel model
is extended to a three-compartments model including three windkessel segements.
First, the micro-circulation is split into three parts: an arteriolar, a capillary and a
venular part. Each part is modeled with a three-element windkessel model con-
sisting of two resistances and a compliance connected to the extravascular pressure.
The sum of the resistances is chosen such that it matches the flow through the pe-
ripheral bed as described for the traditional windkessel model. The distribution of
the resistance over the three windkessels is based on the physiologically expected
distribution of the pressure drop (Boron and Boulpaep, 2003). For the arteriolar part
and the venular part, the resistance connected to the 1D vessels is set to match its
characteristic impedance, whereas the remaining resistance is captured by Rart and
Rven respectively. The total resistance of the capillary part is equally distributed over
the two resistances Rcap. This is summarized by the following equations:
βartRtot,i = Zart +Rart, βcapRtot,i = 2Rcap, and βvenRtot,i = Rven + Zven, (5.22)
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where βart, βcap and βven are the expected fraction of the pressure drop over the arte-
rial, capillary and venular part respectively (Boron and Boulpaep, 2003).
The compliance is derived based on the physiologically expected distribution of the
volume (Nichols and O’Rourke, 1997). To determine the volume for a certain micro-
circulation element, first the volume is distributed over the various body parts based
on the flow distribution (Table 5.5). Second, within each bodypart volume is dis-
tributed based on the radius of the connecting vessel.
Vi = αp ·
r3i
1
Np
∑Np
j=1 r
3
j
· Vtot, (5.23)
where Vtot is the total volume within the micro-circulation. Within the micro-cir-
culation, the stressed volume (i.e. 30% of total (Gelman, 2008)) is distributed over
the arteriolar, capillary and venular windkessel based on literature (Boron and Boul-
paep, 2003). Finally, the compliance is computed based on the pressure in the center
node of the windkessel
Cart =
0.3γartVtot,i
part,c
, Ccap =
0.3γcapVtot,i
pcap,c
, and Cven =
0.3γvenVtot,i
pven,c
. (5.24)
Automatic filling
To reach physiological pressures, additional blood volume needs to be added to the
circulation model. To avoid collapse at the onset of the simulation, the initial pres-
sure is set to 1.0 kPa throughout the whole circulation. Subsequently, dVfill = 0.1
mL blood volume is added at every time step in the left and right ventricle, i.e. fill-
ing speed is 200 mL/s. For numerical stability, additional filling is included in the
atria for the first 5 s (dVfill = 0.05 mL). This is done without active heart contrac-
tion (i.e. c = 0) until the vena cava pressure reaches 1.5 kPa. Once this threshold is
exceeded the heart is activated and additional volume is either removed or added
every time the vena cava pressure has stabilized. The initial value of added volume
is dVfill = 30mL for positive and dVfill = 2.5 mL for negative filling, which is halved
each time filling switches from adding to removing. This automatic filling process
is continued until the vena cava pressure has stabilized to a value between 600 and
750 Pa for a period of 20 heart beats (Boron and Boulpaep, 2003).
Numerical Implementation
The model equations as described above were implemented in the finite element
package SEPRAN (Ingenieursbureau SEPRA, Leidschendam, theNetherlands) based
on the computational method of Kroon et al. (2012). The model of the heart and
heart valves are implemented as a function. To connect the heart model to the circu-
lation model, the flow into the atria and over the semilunar valves is prescribed as a
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boundary condition in the model of the systemic and pulmonary circulation. Time
discretization was implemented using the second order backward difference scheme
with∆t = 1ms and spatial discretization was implemented based on the trapezium
rule with element length∆z = 1 cm. Pre- and post-processing was performed using
MATLAB R2012b (MathWorks, Natick, MA, USA).
5.2.2 Simulations and analysis
To examine the blood volume shift due to orthostatic stress, two version of a full
circulation model were developed: (1) including the micro-circulation based on the
traditional windkessel model, and (2) including the micro-circulation based on the
new three-compartment model. For both models the following hemodynamics are
examined and compared to literature:
• Pressure and flow wave propagation in the systemic arteries and veins under
baseline conditions (i.e. supine) and the pressures in the heart cavities and
flows over the heart valves.
• Spatial pressure distribution in the systemic arteries and veins in both the
supine and 70◦ tilted position.
• Flow and volume distribution over the various parts of the body including:
cerebral, thoracic, splanchnic, renal and pulmonary circulation, and within the
arms, legs and heart. The distribution is assessed in both the supine and 70◦
tilted position.
5.3 Results
5.3.1 Traditional single windkessel
Baseline hemodynamics
The general hemodynamics in the supine position simulated using 1D pulse wave
propagation model coupled to the traditional single windkessel model can be ob-
served in Figure 5.2. Pressure and flow waveforms are given at three venous and
arterial locations as indicated in the vascular trees in the center. Furthermore, the
pressure in the heart and the flow over the heart valves are given in the bottom
plots.
Arterial waveforms within the large arteries show a physiological pattern where
one can recognise the systolic pressure (maximum), the dicrotic notch and the di-
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Figure 5.2: General hemodynamics obtained using the traditional single windkessel model to
represent the micro-circulation. Pressure and flow waveforms are presented at three location
in both the venous and arterial tree as indicated in the vasuclar trees in the center. The plot
at the bottom show the pressures in the right and left heart together with the flow over the
various heart valves.
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astolic pressure (minimum), with a pulse pressure increasing towards the periphery.
Venous wave propagation shows a biphasic pattern with physiologically relatively
large pulsatility. Mean aortic pressure is equal to 12.2 kPa and systolic and diastolic
pressure are 18.9 kPa and 9.1 kPa, respectively. Mean pressure in the left atrium
is 1.6 kPa and 0.7 kPa in the right atrium. Mean pressure in the pulmonary artery
is 3.2 kPa. Mean flow over the aortic valve is 79 mL/s and minimal and maximal
flow are equal to −52 mL/s and 575 mL/s respectively. Both pulmonary and aor-
tic valve flow show a single peak ejection with a small backflow just before valve
closure. The tricuspid and mitral valve show a three-peak pattern, where the first
peaks occur during passive filling of the ventricles and the last peak is a result of
atrial contraction.
Spatial pressure distribution
The spatial arterial and venous pressure distribution can be observed in Figure 5.3
for both the supine (light) and tilted position (dark). Here the z-coordinate increases
from the feet towards the head. In the supine position pressure is generally equal
to the heart pressure (dashed line), but slightly decreased in the distal arteries and
slightly increased in the distal veins. In the tilted position pressure follows the hy-
drostatic pressure gradient. Now, only a slight deviation is observed at the distal
arteries and almost none in the veins. Although no regulation is included, pressure
at the heart level remains almost equal on both the arterial and venous side of the
circulation (∆part = 0.4 kPa and∆pven = 0.1 kPa).
Volume and flow distribution
The blood volume and flow distribution is presented in Figure 5.4A and B respec-
tively. In the supine position the total of 2197mL blood is distributed over the vari-
ous parts as follows: 6% cerebral, 9% thorax, 7% arms, 8% splanchnic, 6% renal, 14%
legs, 15% heart and 35% pulmonary circulation. Upon tilt the cerebral blood volume
decreases by 7% (9 mL) and an increase of 15% (48 mL) is observed in the legs. The
total cardiac output of 79 mL/s is distributed over the systemic circulation as fol-
lows: 15% cerebral, 15% arms, 25% splanchnic, 20% renal and 25% legs. Upon tilt
cerebral blood flow decreases with 4% (0.5 mL/s) and an increase of 6% (1.1 mL/s)
is observed in the legs. Although no regulation is included, only small changes in
flow and volume distribution are observed.
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Figure 5.3: Pressure as a function of z-coordinate in the supine and tilted position, with A
the arterial and B the venous systemic circulation. The horizontal dashed line represents the
pressure at the heart level and the decreasing dashed line equals heart pressure plus the hy-
drostatic pressure. Results are obtained using the traditional single windkessel model to rep-
resent the micro-circulation.
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Figure 5.4: Distribution of A volume and B flow distribution in supine and tilted position
using original single windkessel model to represent the micro-circulation.
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Figure 5.5: General hemodynamics obtained using the three-compartment model to represent
the micro-circulation. Pressure and flow waves are presented at three location in both the
venous and arterial tree as indicated in the vasuclar trees in the center. The plot at the bottom
show the pressures in the right and left heart together with the flow over the various heart
valves.
5.3.2 Three-compartment model
Baseline hemodynamics
The general hemodynamics in the supine position simulated using the three-com-
partment model to represent the micro-circulation are shown in Figure 5.5. Pressure
and flow waves are given at the same three locations as presented for the single
windkessel model. Furthermore, the pressures in the heart cavities and the flow
over the heart valves are again given in the bottom plots.
The same typical arterial pressure and flow waveforms are observed compared to
the single windkessel implementation. Venous wave propagation shows again the
biphasic pattern, but the amplitude has decreased significantly. Mean arterial pres-
sure is equal to 12.1 kPa and systolic and diastolic pressure is equal to 18.6 kPa and
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Figure 5.6: Pressure as a function of z-coordinate in the supine and tilted position, with A
the arterial and B the venous systemic circulation. The horizontal dashed line represents the
pressure at the heart level and the decreasing dashed line equals heart pressure plus the hy-
drostatic pressure. Results are obtained using the three-compartment model to represent the
micro-circulation.
8.9 kPa respectively. Mean left atrial pressure have a value of 1.5 kPa and 0.7 kPa,
respectively. Mean pressure in the pulmonary artery is equal to 3.0 kPa. The mean
flow over the aortic valve is equal to 79mL/s and has a maximum value of 576mL/s
and a minimal value of and −51mL/s. Flow patterns of the heart valves are similar
to those observed in the single windkessel configuration.
Spatial pressure distribution
The spatial arterial and venous pressure distribution including the three-compart-
ment model can be observed in Figure 5.6 for both the supine (light) and tilted po-
sition (dark). The z-coordinate increases from the feet towards the head. Similar to
the single windkessel, mean pressure varies hardly in the supine position both in the
arteries and the veins. Furthermore, arterial and venous pressure follow the hydro-
static pressure gradient in tilted position. In contrast to the single windkessel imple-
mentation, now a large pressure drop is observed at the level of the heart: 2.9 kPa
and 0.6 kPa on the arterial and venous side respectively.
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Figure 5.7: Distribution of A volume and B flow in supine and tilted position using the three-
compartment model to represent the micro-circulation.
Volume and flow distribution
The volume and flow distribution obtained from the simulations including the three-
compartment windkessel model to represent the micro-circulation are shown in Fig-
ure 5.4A and B respectively. In the supine position the total blood volume of 4654mL
is distributed is as follows: 10% cerebral, 4% thorax, 10% arms, 18% splanchnic, 13%
renal, 23% legs, 7% heart and 15% pulmonary circulation. Cerebral blood volume
decreases by 31% (138.5 mL/s) upon head up tilt and leg blood volume increases
by 46% (485 mL). The flow distribution in the supine position is as follows: 15%
cerebral, 15% arms, 25% splanchnic, 20% renal and 25 legs. The cerebral perfusion
decreases by 21% (9.3 mL/s) and the perfusion of the legs decreases only by 12%
(2.3mL/s). Total cardiac output decreases by 15% (11.5mL/s).
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5.4 Discussion
A 1Dpulse wave propagationmodel of the full circulation that includes a newmicro-
circulation element has been developed to simulate the effects of orthostatic stress
(gravitational stress in the upright position). The new micro-circulation element al-
lowed to improve the volume distribution without affecting the flow distribution
and the arterial wave propagation.
Arterial pressure and flow waveforms (Figure 5.2 and 5.5) shows similar patterns
compared to numerical studies only modeling the systemic arteries, i.e. increased
pressure pulsatility and flow reversal towards the periphery (Kroon et al., 2012; Rey-
mond et al., 2009). Venous wave propagation shows the typical biphasic pattern
(Fung, 1997), but large pulsatility are observed while using the single windkessel
model in comparison to the new three-compartment implementation. This can be ex-
plained by the characteristic venous impedance implemented in the three-compart-
ment model to minimize high frequency reflections. The latter could be confirmed
while analysing the forward and backward running waves (Parker, 2009). The gen-
eral pressures and flows in the heart are in the physiological range (Boron and Boul-
paep, 2003; Hall, 2010). Summarizing, the newly developed three-compartment
model for the micro-circulation does not affect the arterial wave propagation, but
does seem to minimize the reflections on the venous side of the system as expected.
The obtained pressure gradient (Figure 5.6 and 5.3) in the supine position shows for
both micro-circulation implementations a decrease towards the periphery, which can
be explained by the increasing contribution of friction. In tilted position both models
follow the hydrostatic pressure gradient as expected. However, a large difference is
observed in the pressure at the heart level in tilted position. In a healthy subject,
the baroreflex maintains the systemic pressure. However, as the baroreflex is not
included in the current model, a drop in pressure is expected in the tilted position as
is observed using the new three-compartment implementation. On the other hand in
the single windkessel, pressure at the heart level is hardly affected and, in contrast
to what is known from experimental physiology, regulation does not seem to be
necessary.
Where the flow distribution is not affected by the three-compartment implementa-
tion, the volume distribution changes significantly (Figure 5.4 and 5.7). Even when
considering the large variation in volume distribution known from literature (Heldt
et al., 2002; Lim et al., 2013), the new implementation (compliance based on the flow
distribution) is closer to physiology than the single windkessel (compliance based on
a typical time constant). Upon tilt hardly any change in flow and volume distribu-
tion is observed using the traditional windkessel model, whereasmore physiological
responses are observed with the three-compartment model: cerebral blood flow and
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volume decrease and leg volume increases.
The large amount of volume present in the 0D representations of the models might
suggest a total lumped model (i.e. also lumping the large systemic vessels) is more
appropriate for studying the blood volume shift under head up tilt. However, phys-
iological mechanisms reducing the gravity induced blood volume shift, such as ve-
nous valves and the muscle pump effect, ask for a 1D representation of the large ves-
sels. Numerical studies of Marchandise and Flaud (2010) and Fullana and Zaleski
(2008) present numerical models capturing the hemodynamics of the muscle pump
effect. However, the included vascular network is restricted to the calf circulation,
not allowing to investigate the influence of the muscle pump effect on the venous re-
turn. The current model enables to investigate the global effect of the muscle pump
effect.
The splanchnic region is believed to contain up to 15 − 20% of the total blood vol-
ume and has thereby potentially an important role in volume regulation. However,
in the current implementation the splanchnic region shows only a small increase in
volume upon tilt. Some studies hypothesize an active venoconstriction may make
more blood volume available for the rest of the circulation (Rothe, 2006a,b). An-
other hypothesis states that arteriolar vasoconstriction (as induced upon tilt by the
baroreflex) will result in a decreased pressure in the venules and thereby shift a large
amount of blood volume out of the splanchnic circulation (Jarvis et al., 2010; Rowell,
1993). The current model has the potential to test these hypotheses once extended
with baroreflex regulation and venoconstriction (Ursino, 1998).
The newly developed distributed windkessel model has the advantage it defines the
compliance while accounting for the correct volume distribution. Furthermore, the
division of the micro-circulation into an arteriolar, capillary and venular level allows
the inclusion of level-specific mechanisms. For example, changes in vascular tone
could now easily be includedwhile only affecting the arteriolar part of the resistance,
or the venular part in case of venoconstriction. Also, filtration, occurring during
prolonged orthostatic stress, could be included only at the level of the capillaries.
5.5 Conclusion
A 1D pulse wave propagation model has been developed, which accounts for gravi-
tational acceleration in the systemic circulation. Furthermore, a newmicro-circulation
element is included, which in contrast to the traditional single windkessel model, ac-
counts for the volume distribution, without affecting the arterial pressure and flow
wave propagation and the flow distribution over the body parts. Additionally, the
distribution of the resistance and compliance over an arteriolar, capillary and venu-
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lar part allows easy future inclusion of relevant physiological mechanisms, such as
vasoconstriction and filtration. Finally, the observed pressure drop upon head up tilt
endorses the need for inclusion of regulation mechanisms such as the muscle pump
effect and venous valves.
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6.1 Motivation, aim and methodology
The main function of the cardiovascular system is to transport oxygenated blood to
the tissue and deoxygenated blood back to the heart and lungs. To supply the tis-
sue with sufficient oxygen the cardiovascular system can regulate blood flow upon
a change in oxygen demand or in response to external stress factors. Orthostatic
stress, i.e. gravitational stress in the upright position, will induce a blood volume
shift from the head towards the feet. This large blood volume shift stresses the car-
diovascular system significantly, because it will increase transmural pressure in the
lower extremity and increase oxidative stress in the cerebral tissue. In order to min-
imize the gravity-induced stresses, a complex system of protection mechanisms is
activated. This includes amongst others (1) the presence of venous valves, ensuring
unidirectional flow in the veins, (2) the calf muscle pump effect, squeezing the em-
bedded veins uponmuscle contraction and thereby increasing venous return, and (3)
the baroreflex, aiming to maintain systemic arterial pressure by affecting heart rate,
contractility and peripheral resistance. Although many experimental studies have
tried to unravel the mechanisms behind the hemodynamic response to orthostatic
stress, still many questions remain unanswered. Specifically, experimental studies
provide many correlations, but often lack mechanistic insight.
In the past, mathematical models that are based on physical laws and physiolog-
ical mechanisms have aided understanding of cardiovascular (patho-)physiology
(Boileau et al., 2015; van de Vosse and Stergiopulos, 2011). Mathematical models can
often provide much more detailed insight compared to experimental studies, due to
the fact that the implemented physiological relations are clearly defined and the in-
fluence of individual model parameter variation and their interactions can easily be
examined and quantified. Therefore, we believe that mathematical models can pro-
vide the missing mechanistic insight into the hemodynamic response to orthostatic
stress.
In this PhD project, mathematical models have been developed that enable exami-
nation of three major mechanisms that minimize the blood volume shift in response
to orthostatic stress, including: the muscle pump effect (Chapter 2), venous valve
dynamics under tilt (Chapter 3), and the regulation of vascular tone in response
to muscle contraction (Chapter 4). An approach is used in which the model is ex-
tended with physiological aspects step-by-step to reveal their individual contribu-
tion. Finally, in Chapter 5 a full circulation model is presented that allows inclusion
of the total blood volume using a newmicro-circulation element. The full circulation
model serves as a backbone for future model development in which all phenomena
are integrated. Such a model allows the examination of the global response to local
phenomena and their mutual interactions.
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In the subsequent part of the general discussion first the main scientific achieve-
ments are presented, followed by the limitations, future perspectives and concluding
remarks.
6.2 Scientific achievements
6.2.1 Numerical contributions
First, an existing and validated 1D pulse wave propagationmodel (Kroon et al., 2012)
able to simulate pressure and flow waveforms throughout the arterial system was
adapted and extended so that it captures the dynamics of the calf muscle pump
effect. This extension includes venous collapsibility, venous valves and gravity and
thereby the model captures the following characteristics: (1) venous collapsibility
was included by using a fit of the experimentally derived relation between venous
cross-sectional area and transmural pressure (Shapiro, 1977). (2) Venous valves were
included to ensure unidirectional flow in the veins. In contrast to the few studies that
include venous valves (Fullana et al., 2003; Mu¨ller and Toro, 2014), this study also
examined their opening state during the muscle pump effect. And (3) gravity was
added to the momentum balance. Although most numerical studies neglect gravity
to simplify the model (Boileau et al., 2015; van de Vosse and Stergiopulos, 2011), it is
required here to account for the hydrostatic pressure arising upon tilt.
Second, a detailed study of a venous valve model was presented in Chapter 3. The
versatile heart valve model of Mynard et al. (2012) was used to allow detailed study
of valve dynamics, also providing potential for future study of pathologies such as
valve regurgitation and valve prolapse. The inclusion of a continuous valve open-
ing state is in strong contrast to previous studies, where the dynamics of the venous
valves are often captured by a simple diode, which defines only the fully open and
the fully closed state of the valve. A sensitivity analysis was performed to gain more
insight into the relative importance of model parameters. From the sensitivity anal-
ysis it was concluded that in vivo ultrasound measurements of the venous radius can
be used to reduce the model uncertainty. More detailed models (e.g. fluid structure
interaction) could be used to inform the valvemodel on model parameters which are
hard to assess in vivo, such as the pressure drop at which valve opening and closing
is initiated.
Third, to capture the vasodilatory response to a muscle contraction, the calf circula-
tion model presented in Chapter 2 was extended to include regulation of vascular
tone based on the cerebral auto-regulation model of Spronck et al. (2012) and the
baroreflex model of Ursino (1998). Although the individual models are not new, the
combination is novel. After adapting the model parameters to the muscles of the
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lower limb and tuning the myogenic and metabolic gain, the simulated arterial flow
response was in good agreement with in vivo measurements. To validate the choice
of the fitting parameters and to gain more insight in the influence of the model pa-
rameter variance on the variance in flow response, a global sensitivity analysis was
performed. The sensitivity analysis did not give surprising results, but provided a
quantification of the empirically expected importance of model parameters. Because
a global approach was taken in the sensitivity analysis, the importance of the in-
teractions between model parameters was also derived and these showed to be of
significant importance. This implied the model complexity was not too large.
Fourth, in the final chapter a full circulation model was presented to assess blood
volume shifts under head up tilt. Although many numerical studies focussing on
orthostatic stress use 0D models of the full circulation (Heldt et al., 2002; Olufsen
et al., 2005), we chose to include the systemic arteries and veins using a 1D pulse
wave propagation model, because this also allows future implementation of venous
valves and the muscle pump effect. Furthermore, gravity is included in the 1D pulse
wave propagation model, which makes it, as far as we know, the first 1D full circu-
lation model with gravity included. However, the most novel aspect is the inclusion
of a newly developed micro-circulation model to take into account the total blood
volume and its distribution over the circulation. This is in strong contrast to previ-
ously developed micro-circulation models used in combination with 1D pulse wave
propagation model, because their parameters are tuned to obtain physiological pres-
sure and flow waves, without considering the blood volume (Mu¨ller and Toro, 2014;
Mynard and Smolich, 2015).
6.2.2 Physiological contributions
The analyses in Chapter 2 revealed that the venous valves significantly increased
the efficiency of the muscle pump, because once valves were included the increase
in venous return could not reflux to refill the vein during muscle relaxation. The
step from the supine to the upright position again emphasized the importance of the
venous valves. When upright muscle perfusion increased due to the shielding func-
tion of the venous valves. In a final step the superficial venous system was added to
the geometry, which reduced the refilling time of the vein after muscle contraction.
In contrast to experimental studies, the comparison of several model configurations
allowed us to confirm the importance of venous valves and the superficial veins, as
was hypothesized experimentally.
The arterial flow increase simulated in Chapter 2 was relatively small in comparison
to in vivomeasurements. This implied that the muscle pump effect was not the sole
mechanism responsible for the flow increase. It was concluded that there was still
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some physiological mechanism missing in the model and therefore the calf circula-
tion model was extended with regulation of vascular tone, as presented in Chapter
4. The regulation model included myogenic, metabolic and baroreflex regulation.
Based on the good agreement between simulated and in vivo arterial flow response,
it was concluded that the presented model included all dominating physiological
mechanisms influencing the hemodynamic response to a muscle contraction. From
the activation pattern it was confirmed that the metabolic mechanism was the main
vasodilator inducing the flow increase after muscle contraction. The change in base-
line flow in the tilted position, was attributed to the activation of the baroreflex and
the myogenic mechanism. Both conclusions were in line with hypotheses stated in
experimental studies (Na˚dland et al., 2009). Additionally, the numerical step-by-step
approach revealed the importance of individual regulation mechanisms and model
parameters.
6.3 Limitations
Although the developed mathematical models have resulted in new physiological
insight, some essential improvements and validation steps necessary to obtain a
model that can describe the full hemodynamic response to orthostatic stress are de-
scribed in the subsequent section.
To obtain a clear distinction between the contraction and relaxation phase of themus-
cle pump effect (Chapter 2), changes in muscular pressure were defined relatively
slowly compared to what is observed in vivo. However, early numerical studies on
collapsible tubes already demonstrated that capturing fast changes in hemodynam-
ics involved with venous collapse, valve closure and large volume shifts can reduce
the numerical stability of the mathematical model (Brook and Pedley, 2002; Brook
et al., 1999). Although the current thesis focussed more on the physiological exami-
nation of the simulated hemodynamics, future research into the numerical stability
of the developed models is needed to examine faster changes.
In the current study, the constitutive behaviour of the venous wall is included based
on the tube law of Shapiro (1977). This non-linear cross-sectional area pressure rela-
tion includes collapse under negative transmural pressure, e.g. due to the influence
of gravity (Chapter 3 and 5) or increasing extravascular pressure under muscle con-
traction (Chapter 2 and 4). The exact shape of the relation, and thereby the rate of
collapse, depends on the bending stiffnessKp, which in the current implementation
is related to the radius of the corresponding vessel. Early analytical studies sug-
gest to derive the bending stiffness from the mechanical properties of the vessel wall
such as the Young’s modulus (Brook et al., 1999; Fung, 1997). This approach result
in O(10−2). Later, the bending stiffness was suggested to be based on the expected
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wave speed derived via the radius of the veins (Mu¨ller and Toro, 2014). This resulted
in a significant increase inKp O(10
2). However, both approaches do not consider the
support of the surrounding tissue as demonstrated by Bassez et al. (2001) in in vitro
measurements. Bassez et al. (2001) showed that an increase in stiffness of the sur-
rounding tissue reduces the rate of collapse in the constitutive law. Preliminary in
vivo results of Bassez et al. (2001) confirmed the relation of Kp and the support of
the surrounding tissue, but a full validation is still missing. Summarizing, there is a
strong need for in vivo studies to define the constitutive behaviour of the venous wall
throughout the whole venous tree, as for example examined within the lower limb
by Bassez et al. (2001) and Chauveau et al. (2006). An improved representation of
the venous constitutive law is expected to increase the certainty of the volume shift
observed under muscle contraction and head up tilt.
The versatile valve model examined in Chapter 3 can provide a strong tool to ex-
amine the valve dynamics in chronic venous disease. Although the presented sen-
sitivity analysis showed the importance of accurately assessing the venous radius
and the pressure drop over the valve on opening, a validation based on in vivomea-
surements is essential for future patient specific applications. This should include a
validation of the valve dynamics, i.e. time course of valve opening and closing, as
well as the hemodynamics, i.e. the varying pressure-flow relation depending on the
valve state. For this, ultrasound measurements could be performed to track the flow
and valve dynamics, and in vivo pressure could be obtained from a guided pressure-
wire. However, as inserting sensors is invasive and might influence the dynamics,
one could also consider to use 3D fluid structure interactions simulations for valida-
tion.
In Chapter 5 it was concluded that the traditional windkessel model was not capable
of capturing the total blood volume and therefore a newmicro-circulationmodel was
presented. However, the preceding chapters included the micro-circulation based
on the traditional windkessel model. Although it is not expected to change the gen-
eral conclusions, the large compliance present close to the 1D veins could affect the
hemodynamics under examination. For example the importance of the valve might
increase even more, as leaking towards the tissue under muscle contraction would
be facilitated due to increased compliance. However, further research is needed to
confirm this.
6.4 Future perspectives
An obvious next step in modeling the hemodynamic response to orthostatic stress,
is to combine the local models presented in the first three chapters with the full cir-
culation model of Chapter 5. This would allow investigation of the impact of the
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full hydrostatic column and blood pulsatility on the local mechanisms. This step
would also allow investigation of the global effect of the local mechanisms, such as
the influence of the muscle pump effect on venous return.
Additional model extensions which improve the simulated blood volume shift in
response to orthostatic stress are the incorporation of the baroreflex and capillary fil-
tration. Incorporation of the baroreflex (Olufsen et al., 2006; Ursino, 1998) induces an
increase in heart rate, contractility and peripheral resistance to maintain systemic ar-
terial pressure in the tilted position. Including the effect of capillary filtration would
especially influence the orthostatic tolerance during prolonged orthostatic stress or
while simulating higher gravitational loads as experienced during centrifuge.
Furthermore, the developed models could be used to validate hypotheses arising
from experimental studies. An example could be the debate on the mechanisms of
regulation of the splanchnic blood volume. Where some studies hypothesize that
active venoconstriction is the main factor moving blood out of the splanchnic cir-
culation (Rothe, 2006a,b), others believe that arteriolar vasoconstriction will reduce
venular pressure and thereby induce a passive shift out of the splanchnic circulation
(Jarvis et al., 2010; Rowell, 1993). After extending the full circulation model as pre-
sented in Chapter 5 with baroreflex regulation and venoconstriction, both hypothesis
could be examined.
Apart from studying the hemodynamic response to orthostatic stress, the developed
models could also be used in other applications, for example to study exercise. Once
the developed models of the local calf circulation are included in the full circulation
model, a series of muscle contractions alternating in the left and right leg could be
used to simulate running. If trying to simulate heavy exercise, one might consider
also including a model of the oxygen distribution (van der Hout-van der Jagt et al.,
2012).
In contrast to the arterial system, the anatomy of the venous tree is highly variable
and complex (Meissner, 2005). The developedmathematical models could be used to
examine the influence of the variation in venous geometry and valve distribution on
the hemodynamics. This is also of interest while examining chronic venous disease,
where the hemodynamics are expected to be affected by valve regurgitation and
valve prolapse.
6.5 Concluding remarks
Mathematical models are indispensable to increase the understanding of the cardio-
vascular physiology. This thesis reports an important step towards full understand-
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ing of the hemodynamic response to orthostatic stress.
In the current thesis mathematical models have been developed to investigate three
major mechanisms that minimize the gravity-induced blood volume shift due to or-
thostatic stress: the muscle pump effect, venous valves and regulation of vascular
tone. A step-by-step approach has allowed to distinguish the importance of the var-
ious physiological aspects. The venous valves are concluded to be of significant
importance for increasing venous return during muscle pump activation and shield-
ing the hydrostatic pressure in tilted position. Furthermore, the superficial system
reduces venous refilling time. Second, a global sensitivity analysis of the venous
valve dynamics is performed to gain insight in the importance of the various model
parameters and their interactions. From this, it is concluded that improved assess-
ment of venous radius and pressure drop at valve opening can reduce model un-
certainty. Third, upon inclusion of regulation of vascular tone, the model was able
to fit the simulated arterial flow response after a muscle contraction to in vivo mea-
surements. Due to the individual representation of the regulation mechanisms, the
metabolic activation could be identified as the main vasodilator after muscle con-
traction. Furthermore, the baroreflex and myogenic responses were identified as the
most important mechanisms for decreasing the baseline flow in tilted position.
In addition, a 1D full circulation model has been presented that accounts for the
blood volume and its distribution. This full circulation model can serve as a back-
bone for future models in which all local models can be integrated. Such a model
would allow examination of the global response to these local phenomena and their
mutual interactions.
In summary, this thesis has demonstrated that reduced ordermodels provide a strong
tool to increase the understanding of the hemodynamic response to orthostatic stress.
As discussed above, the developed models provide many opportunities to answer
further researchquestions regarding the hemodynamic response to orthostatic stress.
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Appendix A
Extravascular pressure
The temporal course of the extra vascular pressure is defined by
k(t) =


0 if t < T0
1
2
(
1 + sin(pi(t−T0)Tr −
pi
2 )
)
if T0 < t < T0 + Tr
1 if T0 + Tr < t < T0 + Tr + Tc
1
2
(
1 + sin(pi(t−T0−Tr−Tc)Tf +
pi
2 )
)
if T0 + Tr + Tc < t < T0 + Tr + Tc + Tf
0 if t > T0 + Tr + Tc + Tf
(A.1)
where T0 = 1 s is the starting time of the compression, Tr = 1 s and Tf = 1 s are
the times for the extravascular pressure to rise and fall respectively and Tc = 1 s is
the time for the extravascular pressure to remain constant. The spatial course of the
extravascular pressure is defined by
m(z) =


0 if z < l0
1
2
(
1 + sin(pi(z−l0)lr −
pi
2 )
)
if l0 < z < l0 + lr
1 if l0 + lr < z < lend − lf
1
2
(
1 + sin(pi(z−lend)lf +
pi
2 )
)
if lend − lf < z < lend
0 if z > lend
(A.2)
where l0 = 0.07m and lend = 0.27m are the coordinates below and above which no
extravascular pressure is applied and lr = 0.10 m and lf = 0.10 m are the lengths
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over which the extravascular pressure rises and falls. The z-coordinate is defined to
be zero at the distal side of the vein and increases to z = 0.34m at the proximal side.
Appendix B
Regulation model
The regulation of vascular tone is based on three regulation mechanisms: myogenic
regulation, metabolic regulation and the baroreflex. The activation of the different
mechanisms and how they result in a change in resistance and compliance is ex-
plained in detail in the following sections.
B.1 Laplace’s law
The arteriolar wall tension Ttot is the parameter determining vascular tone and is
related to the arteriolar radius ra via the Laplace law Fung (1993).
Ttot = para − pex(ra + ha), (B.1)
where pa is the arteriolar pressure and ha is the arteriolar wall thickness. The total
tension is divided into three components: Ttot = Te + Tv + Tm, where Te, Tv and Tm
are the elastic, viscous and active smooth muscle tension respectively. The passive
elastic tension is based on experimental studies and is defined by the exponential
function Ursino and Giammarco (1991)
Te = haσe = ha
(
σe,0
(
e
Kσ·
ra−ra,0
ra,0 − 1
)
− σc
)
, (B.2)
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where σe,0 andKσ are parameters defining the shape of the function, ra,0 is the ves-
sel radius in the unstressed condition and σc is the stress contribution of the collagen
fibers. Furthermore, the arteriolar wall thickness ha is defined by assuming no lon-
gitudinal stretch and conservation of mass:
ha =
√
r2a + 2ra,0ha,0 + h
2
a,0 − ra, (B.3)
where ha,0 is the unstressed arteriolar wall thickness.
The second component of the passive tension is the viscous tension Tv, which is in
accordance with the viscous component of the Voigt model Ursino and Giammarco
(1991)
Tv = σvha =
ηa
ra,0
dra
dt
ha, (B.4)
where ηa is the arteriolar wall viscosity.
The active smooth muscle tension Tm is known to decrease for very small and very
large arteriolar radius and is therefore based on the following bell-type curve Ursino
and Giammarco (1991)
Tm = Tmax · e
−| ra−rmrt−rm |
nm
, (B.5)
where rm is the radius at which the smooth muscle cell exerts maximal tension, and
rt and nm are constants. Furthermore, the maximal active tension Tmax is defined by
Tmax = Tmax,0(1 +Ms), (B.6)
where Tmax,0 is the maximal tension at baseline, i.e. when the regulatory stateMs is
equal to zero. The latter is defined by the following relation
Ms =
e2Ms,1 − 1
e2Ms,1 + 1
, (B.7)
where
Ms,1 = Gmyoxmyo +Gmetaxmeta + xbaro + xinit, (B.8)
where xi and Gi are the state and gain of the regulation mechanism i and xinit is
the regulatory state at baseline. The state equations for xi are described later on.
Summarizing, the Laplace law is used to translate a change in regulatory state to
a change in arteriolar radius. Actual changes in resistance and compliance of the
micro-circulation are derived by coupling the arteriolar radius ra to the arteriolar
resistance Ra and volume Ca via
Ra =
Ka,R
r4a
(B.9)
and
Ca =
Ka,Cr
2
a
pa
, (B.10)
where
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• Ka,R is chosen such that the baseline arteriolar radius ra and pressure pa result
in baseline flow qa. Where baseline means the supine position andMs,1 = xinit.
• Ka,C is chosen such that it corresponds with a total RC-time of 2.0 [s] under
baseline conditions.
Summarizing, the arteriolar resistance and compliance are regulated based on the
arteriolar radius ra. The latter is derived from the arteriolar wall tension based on
the Laplace law. The muscular tension Tm is the part of the tension affected by the
state of the regulation mechanisms xi. In the following sections the state equations
for the three regulation mechanisms are explained.
B.2 Myogenic regulation mechanism
Myogenic regulation protects the micro-vasculature against high pressures by in-
creasing vascular tone upon increasing circumferential stresses and strains. Myo-
genic activationAmyo is therefore based on the current arteriolar tension Ttot Spronck
et al. (2012)
Amyo =
Ttot − Tmyo,0
Tmyo,s
, (B.11)
where Tmyo,0 is the tension at baseline pressure forMs,1 = xinit and Tmyo,s = 0.2Tmax,0
is a normalization tension. The myogenic regulation state xmyo is defined by
dxmyo
dt
=
Amyo − xmyo
τmyo
, (B.12)
where τmyo is the myogenic time constant.
B.3 Metabolic regulation mechanism
Metabolic regulation can be initiated via different metabolites, such as potassium
ions, adenosine, lactate and CO2. These metabolites are generated during a muscle
contraction and are washed out by the blood flow. In the current model CO2 is cho-
sen to be the determining metabolite for the regulation of blood flow during muscle
contraction. First, the tissue CO2-concentration Ct,CO2 is defined as the balance be-
tween metabolic rate and muscle perfusion qd
dCt,CO2
dt
=
1
V
(MCO2 − qd (Cv,CO2 − Ca,CO2)) , (B.13)
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where V is an estimate of the perfused muscle tissue volume, Cv,CO2 and Ca,CO2
are the venous and arterial CO2-concentration respectively, of which the latter is
fixed Spronck et al. (2012). The metabolic rate MCO2 is related to muscle activity as
follows:
MCO2 = MCO2,0 (1 +Amc (fm − 1)) , (B.14)
where fm is the ratio of metabolic rate at rest andmaximal activity andAmc is muscle
activity, which is defined to follow the contraction pattern (see Section 4.2.1 for the
full definition). Furthermore,MCO2,0 is the basal metabolic production of CO2 by a
tissue of volume V
MCO2,0 = MCO2,0,mρmV, (B.15)
where ρm is the muscle density andMCO2,0,m is the basal metabolic CO2-production
per kg tissue. Muscle perfusion qd in Equation (B.13) is the flow leaving the tissue,
which is calculated using
qd =
p2 − p3
Ra/2
, (B.16)
where p2 and p3 are the pressure at node n2 and n3 respectively (Figure 5.1). Further-
more, Cv,CO2 is the venous CO2-concentration and is determined by the following
relation (Irving et al., 1932)
Cv,CO2 = αt,vCt,CO2 + βt,v, (B.17)
where αt,v and βt,v are fitting constants. The metabolic activation Ameta is deter-
mined by the CO2-concentration in the tissue using
Ameta =
Ct,CO2 − Ct,CO2 ,0
Ct,CO2,s
, (B.18)
where Ct,CO2,0 is the steady state solution of Equation (B.13) and Ct,CO2,s = Cv,CO2,0 −
Ca,CO2 is a scaling term. Finally, the metabolic regulation state xmeta is defined by
dxmeta
dt
=
Ameta − xmeta
τmeta
, (B.19)
where τmeta is the time constant governing metabolic regulation.
B.4 Baroreflex regulation
The baroreflex is a global regulation mechanism which aims to maintain systemic
pressure by affecting the heart rate, heart contractility, venous unstressed volume
and peripheral resistance. In this study, only the effect of the baroreflex on the pe-
ripheral resistance is included, which is based on the model of Ursino (1998) (also
implemented in other studies (Lim et al., 2013; van der Hout-van der Jagt et al.,
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2013)). The carotid pressure pcarotid is used as an input parameter and is defined as
mean systemic pressure (see Section 4.2.3 for details) plus a hydrostatic column of
20 cm in tilted position. First, carotid pressure is compared to a reference pressure
pn, which is defined as the baseline pressure in the supine position
∆pbaro = pcarotid − pn. (B.20)
This pressure difference ∆pbaro is converted to an afferent baroreflex firing fab rate
via a sigmoidal transfer function
fab =
fab,min + fab,max · e
(
∆pbaro
kdp
)
1 + e
(
∆pbaro
kdp
) , (B.21)
where fab,min and fab,max are the firing rates reached for minimal and maximal∆pbaro
and kdp is a constant determining the slope of the afferent firing rate. The firing rate
for the sympathetic innervation of the peripheral micro-circulation fsp is calculated
via the following relation:
fsp =
{
fsp,∞ +
(
fsp,0 − fsp,∞
)
· e- kes fab for fsp < fsp,max
fsp,max for fsp ≥ fsp,max
, (B.22)
where kes is a parameter defining the shape of the sympathetic firing rate. The pa-
rameters fsp,0 and fsp,∞ are the firing rates at zero and infinite afferent firing rate,
and fsp,max is the maximal sympathetic firing rate. The sympathetic innervation is
converted to an unfiltered change in resistance∆R∗
∆R∗ =
{
GR · ln
(
fsp(t−DR)− fsp,min + 1
)
for fsp ≥ fsp,min
0 for fsp < fsp,min
, (B.23)
where GR is a constant gain,DR is a pure time delay and fsp,min is the minimal sym-
pathetic firing rate affecting the resistance. The actual change in resistance ∆R is
calculated based on∆R∗ using a low pass filter
d∆R
dt
=
1
τR
· (∆R∗ −∆R) , (B.24)
where τR is the time constant of the low pass filter. Finally, the relative change in
resistance cbaro is calculated using the following relation
cbaro =
∆R−Rref
Rref,Ursino
+ 1 =
Rbaro
Rref
, (B.25)
where Rref is the resistance in baseline conditions in supine position and Rref,Ursino
is the baseline resistance in the model of Ursino (1998). To combine the baroreflex
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with the local auto-regulation mechanisms, the resistance is converted into a regu-
lation state xbaro similar to the regulation state of the other mechanisms. Firstly, the
resistance is converted to arteriolar radius using Equation (B.9)
abaro =
(
KR
Rbaro
)1/4
. (B.26)
Using Laplace’s law (Equation (B.1)) the arteriolar radius is converted into a change
in muscular tension due to the baroreflex
Tm,baro = paabaro − Te,baro − Tv,baro, (B.27)
where Te,baro and Tv,baro are calculated using ra = abaro (Equation (B.2) and (B.4)
respectively). From the muscular tension the total regulation stateMs,baro is derived
using Equation (B.5) and (B.6)
Ms,baro =
Tm,baro
Tmax,0 · e
-
(
abaro−am
at−am
)n − 1. (B.28)
Finally, the total regulation state is converted to the regulation state via Equation
(B.7) and (B.8)
xbaro = Ms,1,baro − xinit = tanh
−1 (Ms,baro)− xinit =
1
2
ln
(
1 +Ms,baro
1−Ms,baro
)
− xinit. (B.29)
